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PLATFORMS FOR HEALTH MONITORING APPLICATIONS
Simin Masihi, Ph.D.
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Wearable sensing technology has recently received an increased attention in both research
and commercialization phases and has moved from a vision of science fiction to reality with a
wide variety of applications. This incredible growth can be attributed to several factors, such as
affordability and ergonomics provided by advances in flexible electronics. The other factors that
realized wearable sensing technology include a critical need for more accessible health care
services experienced during the recent COVID pandemic, integration to the Internet of Things
(IoT), and a growing consumer desire for health awareness. This dissertation presents the
fulfillment of three main projects and focuses on the development of various sensors on flexible
platforms such as fabrics and plastics using Flexible Hybrid Electronics (FHE) technology to
facilitate healthcare monitoring.
In the first project, highly sensitive fabric-based pressure sensors were developed for
detecting and decreasing sport-related head injuries. Many athletes, from football players to
equestrians, rely on helmets (headgear) to protect their heads from impacts or falls. However, a
loose or improperly fitted helmet could leave them vulnerable to traumatic brain injuries (TBIs),
a leading cause of death or disability in the U.S. To monitor the helmet fit, a highly sensitive
pressure sensor cap has been developed that can map pressure in real-time. When worn under a
helmet, the cap could help reveal whether the helmet is a perfect fit. These pressure sensors rely
on a capacitive mechanism and were fabricated by placing a novel porous polydimethylsiloxane

(PDMS) layer between two fabric electrodes. The porous PDMS dielectric layer was fabricated
by introducing nitric acid (HNO3) into a mixture of PDMS and sodium bicarbonate (NaHCO3,
known as baking soda) to facilitate the liberation of carbon dioxide (CO2) gas, which induces the
creation of porous microstructures within the PDMS dielectric layer. This porous PDMS material
experiences large deformation, when compared to a solid PDMS layer, and thus increases the
capacitance change, making the pressure sensors highly sensitive.
In the second project, a flexible wireless electrocardiogram (ECG) device was developed
on a fabric platform for electrocardiographic examinations without the use of skin treatments or
adhesive gels. In practice, this ECG device facilitates more frequent “at-home” screening of
patients who are at risk of cardiovascular disease. The developed device consists of dry electrodes
that were fabricated by printing a conductive carbon-PDMS composite on stretchable
thermoplastic polyurethane (TPU) laminated on fabric and a flexible readout module that can be
directly integrated into clothing. Even though dry electrodes do not use adhesive gel, they perform
very similar to conventional wet electrodes and even better in terms of signal to noise ratio.
Therefore, they are easier to apply and can potentially replace the wet electrodes.
In the third project, a flexible tunable and compact microstrip antenna with a conformal
structure was developed for wearable applications. The antenna was fabricated by sandwiching a
flexible polyimide substrate between two flexible copper tapes, forming the radiating patch and
ground plane. Laser machining was introduced as a facile and fast method for the antenna
fabrication. To meet the crucial need of miniaturization of devices in wearables, the antenna was
compacted from 2.4 GHz to 900 MHz frequency, without increasing the size of the antenna.
Mechanical characterization of the flexible antenna demonstrated the feasibility of the fabricated
antenna to sense various bending and stretching stresses.
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CHAPTER I
INTRODUCTION
1.1.

Motivation
During the recent outbreak of COVID-19 pandemic, one of the worldwide challenges has

been the disparity between the availability of healthcare devices and the number of patients who
need these services. In addition, it was reported that people with chronic diseases such as cancer,
diabetes and heart disorders, preferred to postpone their regular checkups to avoid the crowd at
hospitals and clinics during the pandemic. These scenarios have highlighted the critical need for
new measuring methods of physiological metrics that can make healthcare services more
accessible to all people in a less supervised setting. Wouldn’t it be a game changer if dry
electrocardiograph (ECG) electrodes could be laminated inside a shirt for continuous monitoring
of heart activity, or smart shoe insoles could monitor and aid in healing diabetics’ foot ulcers?
Flexible hybrid electronics technology (FHE) utilizes rapid low-cost fabrication techniques
for prototyping conformal structures that can fit onto the curvilinear surfaces of human
skin/organs. This technology enables the design and fabrication of smart wearable sensors that can
be integrated with the internet of things (IoT), thus enabling “at-home” monitoring. Highly
sensitive fabric-based sensory systems can be developed for monitoring the ECG signals,
photoplethysmogram (PPG) signals, blood saturated oxygen level, and electroencephalography
(EEG) signals. The incredible benefits of this new fabrication technology are not limited to the
healthcare industry, and FHE can even bring new possibilities for improving the health and safety
of athletes in sports. For example, severe concussions can be prevented using a highly sensitive
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pressure sensor cap that, when worn under a football helmet, could help reveal whether the
headgear is a perfect fit to provide the necessary protection during falls and impacts in the field.
Design and fabrication of wearable health monitoring devices using FHE technology can
be accomplished by the collaboration of researchers from different backgrounds, including.
microelectronics, mechanics, physics, chemistry, materials science, computer science, biology,
etc. The participation of engineers from different disciplines is very essential to FHE and the
interdisciplinary collaborations have been making a huge difference with the progress
accomplished over the past few years.

1.2.

Author’s Contribution
The author’s research work was resulted in 8 high quality refereed journal publications, 25

peer-reviewed conference proceedings, 3 intellectual property (IP) disclosures, and 1 patent
application. It is worth noting that, three publications of author’s research work have been
recognized as exceptional: 1. selected as the finalist for the best student paper award in IEEE
SENSORS 2019 conference; 2. awarded as the first-place winner for the best student paper award
in IEEE SENSORS 2020 conference; 3. selected as ACS Editors' Choice in 2021 (an honor given
to only one article from the entire ACS portfolio each day of the year) due to the potential for
broad public interest of the work. This paper was also selected as Top 10 Most Read Papers in
April 2021. The author is the recipient of the ‘Department-Level Graduate Research and Creative
Scholar’ award in 2020 as well as the ‘All-University Research and Creative Scholar’ award in
2022. The full list of the author’s publications and awards is provided in Appendix B.
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1.3.

Organization of Dissertation
In this dissertation, the research projects accomplished by the author during the course of

her doctoral studies will be presented. This contains three major research projects including
development of highly sensitive porous PDMS based capacitive pressure sensor on a fabric
platform, development of a flexible wireless ECG monitoring device with dry fabric electrodes,
and development of a flexible/conformal tunable and compact microstrip antenna via laser assisted
patterning of copper film, for wearable applications. In all these projects, it is worth noting that
the flexibility of the devices and FHE requirements has been considered as a priority for integrating
the sensor devices with different types of wearables. Therefore, several mechanical test standards
have been employed to examine the performance of the fabricated devices under the application
of various types of stress and to validate their identity as flexible structures.
The dissertation consists of six chapters. The first chapter provides the introduction to the
contents presented in the rest of the dissertation. In Chapter 2, a comprehensive review on flexible
sensors and their fabrication requirements is provided. Also, a review on wearable and health
monitoring sensors, including the history of the wearable electronics and common types of
physiological measurements is presented. In addition, various electrical and mechanical
characterizations that are needed to be performed on the FHE devices is discussed in this chapter.
The first research project is related to development of a highly sensitive porous PDMS
based capacitive pressure sensor on a fabric platform for wearable applications and is discussed in
Chapter 3. In this project a novel porous PDMS based capacitive pressure sensor was fabricated
by optimizing the dielectric layer porosity for wide pressure sensing applications. Porous PDMS
(dielectric layer) was fabricated by introducing nitric acid (HNO3) into a mixture of PDMS and
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sodium bicarbonate (NaHCO3) for facilitating the release of the CO2 gas during the acid-base
neutralization process. Nine different pressure sensors (PS1, PS2, … PS9) were fabricated in
which the porosity of the dielectric layers (D1, D2, … D9) were varied by changing the curing
temperature, the mixing proportions of HNO3/PDMS concentration, and the PDMS mixing ratio.
The electrical and mechanical response of the pressure sensors were recorded by varying the
aforementioned parameters and the performance of the pressure sensors were interpreted based on
their fabrication parameters. An array of 16 optimized pressure sensors were then used in a fabric
fit cap for measuring and mapping the applied pressures on a player’s head while wearing a football
helmet. The pressure mapping aids in observing and understanding the proper fit of the helmet in
sports applications and can significantly prevent the undesired head injuries related to wearing
loose helmets.
The second research project is related to development of a flexible wireless ECG
monitoring device with dry fabric electrodes for wearable applications and is discussed in Chapter
4. In this project, a wearable fabric-based electrocardiogram (ECG) device was successfully
fabricated on a flexible platform for monitoring ECG signals. The ECG device consists of dry
electrodes fabricated by depositing MWCNTs/PDMS composite on a conductive Ag layer and a
readout module with wireless data transmission capability (designed and fabricated on a flexible
polyimide substrate). The ECG electrodes were integrated to the regular clothing (T-shirt) fabric
using a heat press lamination process and connected to the flexible circuit using snap buttons. The
results collected with the ECG device demonstrated similar performance in terms of signal
intensity and correlation when compared to the conventional wet ECG electrodes under both
immobile and exercise statuses of the subject. In addition, signal-to-noise-ratio (SNR) analysis
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clearly showed that the dry electrodes perform better than the commercially available Ag/AgCl
electrodes in terms of signal detection. The results obtained demonstrated the feasibility of
employing fabric based flexible dry ECG electrodes for continuous monitoring of ECG signals in
health care applications and as a potentially replacement for wet electrodes.
The third research project involves with development of a flexible tunable and compact
microstrip antenna via laser assisted patterning of copper film and is discussed in Chapter 5. The
antenna with a conformal structure can be attached to uneven surfaces and will enable
advancements in wireless communication systems where flexible structures are demanded. In this
project, a compact and flexible patch antenna was fabricated on a flexible Kapton dielectric layer
and copper tape was attached to the substrate as the conductive radiating surface and the ground
plane. Apart from flexibility, the use of copper tape for the antenna fabrication enables the
capability of tuning the antenna response, which in turn can eliminate the unavoidable differences
between simulation and measurement results without repeating the fabrication processes. The
antenna was compacted by 87% when compared to its regular size, by designing a meander
configuration for the radiating patch so that the operating frequency was decreased from 2.4 GHz
to 900 MHz, without an increase in the overall antenna size. In addition, the effect of mechanical
stress on the antenna performance was investigated by performing bend and stretch tests.
Finally, the conclusion for all the three research projects along with suggestions for future
work is presented in Chapter 6.
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CHAPTER II
LITERATURE REVIEW
2.1.

Sensors
Sensors are devices that can measure the physical inputs of the surrounding environment

and convert them into data that can be measured/read by humans or machines. The most familiar
sensors can be found in a human body where the five basic sensory systems include: the visual
system, auditory system, olfactory (smell) system, gustatory (taste) system, and tactile system [1].
Advancements in materials science and engineering have been the decisive drivers in the
development of sensor technologies throughout history. For example, in the early 1800s, after
discovering that a variety of materials are sensitive to temperature and that their electrical
properties change with respect to temperature changes, Wilhelm von Siemens used this
phenomenon to develop a temperature sensor based on a copper resistor in 1860. In addition, the
high resonance and thermal stability of single-crystal quartz, along with its piezoelectric properties
resulted in numerous cost-efficient sensors such as pressure sensors, and resonators that have truly
played an important role in improving the national defense and people’s everyday life [2].
Nowadays, the incredible progress in the field of material science, micromachining and
thin-film technologies, as well as printing capabilities have brought about a broad range of
possibilities for development of sensors in a variety of applications. In addition, with the
overwhelming advancement in mobile apps, sensors have now become an integral part of the IoT
network, providing individuals with real-time monitoring capabilities in health care sector, security
and even gaming industry.
6

Depending on the materials used and the fabrication technology, sensors can be categorized
as Rigid sensors or Flexible sensors. Whereas flexible electronics’ manufacturing technology has
been around for years, either as flexible printed circuit boards (PCBs) or printed electronics, there
has always been a trade-off between flexibility and functionality. Even though circuits fabricated
based on the organic semiconductor printed transistors have provided a complete flexible platform,
they were not capable of significant data processing in practice. On the other hand, the very highperformance silicon integrated circuits (ICs), impose an undesired rigid form factor and require
careful placement onto a substrate.
In recent years, Flexible hybrid electronics (FHE) have made a significant change in
sensing technology by offering innovative fabrication processes that combine elements of the
electronics industry with that of the high-precision printing industry. This technology has
integrated different fields such as microelectronics, mechanics, physics, materials science, biology
and gained a lot of momentum due to its potential applications in wearable electronics, electronic
skin (e-skin), health monitoring devices, medical diagnostics, touch screens, smartphones,
robotics, etc. This new technology has the potential to dominate the conventional rigid electronics
that extensively relied on MEMS (Microelectromechanical) systems, ceramic substrates, or silicon
ICs. Rigid sensors are not conformal to the subject contour and unable to acquire/capture the data
signals efficiently from the curvilinear surfaces in many of the above-mentioned applications. FHE
aims at manufacturing flexible sensors that can conform to the curves of a human body or stretch
across the shape of a structure and integrate them onto hybrid electronic modules. For example,
physiological measurements, which are the basic methods for human health monitoring, require
sensors that can conform to the curved surfaces of biological tissues and tolerate the corresponding
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deformations at the tissue site. Therefore, flexible sensors are highly desired to meet the
requirements of these new growing applications and have been replacing the conventional rigid
sensory systems over the past few years.

2.2.

Flexible Sensors
The conclusive feature of the flexible sensors and electronic devices is the capability to

provide conformal structures that can fit onto arched/uneven surfaces such as garments and human
skin/organs. FHE technology which is the combination of printed electronics and silicon IC
technology aims for fabrication of electronic devices that are flexible, stretchable, bendable,
transparent, lightweight, biocompatible, and cost efficient. In other words, FHE promises to
combine the extensive processing capability of integrated circuits with a flexible form factor, and
printing processes rather than conventional etching-based manufacturing processes [3]. However,
supplying the flexible materials and interfacing of the soft substrate and hard electronics are key
challenges for demonstration of FHE devices and have become the important research areas. In
other words, besides the offered opportunities, FHE introduces some considerable challenges,
FHE-based electronic devices require a thin substrate, probably multiple stacked sensors as well
as interfacing layers, and other passive/active components that need to be mounted onto a flexible
substrate. To maintain the functionality of the fabricated devices while transitioning from rigid
structures to flexible and hybrid platforms, careful selection of sensing materials and substrates
are crucially important. In addition, there are challenges related to robust attachment and integrity
of the fabricated flexible sensors. Moreover, since flexible sensors are meant to be fitted to curved
surfaces for better signal collection, their performance needs to be investigated in terms of the
corresponding deformations, which will expose them to different mechanical stresses. In the
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following, first an overview on the materials, and the fabrication processes of the flexible sensors
– with a focus on fabric-based sensors as the crucial elements for wearable sensors – will be
provided. Then, in the next sections, wearable sensors, and different types of the health monitoring
wearables as well as the electrical/mechanical characteristics of the flexible sensors that can
guarantee their performances will be discussed.

2.2.1 Materials for Flexible Sensors
The performance of the flexible sensors is significantly dominated by the materials used in
the fabrication. Flexible sensors are designed to withstand large deformation and exhibit stretch
capabilities without comprising the sensing performances. Sensor materials contribute to both
sensing processes and electrical connections [4]. Therefore, the sensor assembly, mechanical
structure, and sensitivity response are highly dependent on the materials used. Organic materials,
which refer to the natural carbon-based sources, have been the first potential candidates for the
fabrication of flexible sensors due to their intrinsic flexibility and stretchability. Silicone is an inert
synthetic polymer compound made of carbon, hydrogen, oxygen and silicon atoms, and is heatresistant and elastic [4]. Polydimethylsiloxane (PDMS), which belongs to the silicone group, is a
mineral-organic polymer with carbon and silicon bonds, has widely been used for the fabrication
of flexible sensors, and microfluidic chips [5]. Metals, with excellent electrical conductivity, are
also desired to be used for fabrication of sensors, particularly for preparing the sensor electrodes
and interconnects. Precious metals such as gold, silver, copper, platinum, palladium, and rhodium
can be found in communication devices, such as mobile phones and computers, and automotive
sensors [4]. Although bulky/thick metal films lack flexibility, the nanosized metals such as Ag
nanowires and Au nanoparticles, can be used as candidates for flexible electronic applications [6].
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Ceramics, although commonly considered rigid, can be other suitable candidates to be used as
sensor substrates because of special properties, such as structural strength, thermal stability,
insulation, good bonding with other substances, lightweight, and neutral behavior with oxygen [4].
In powder form, ceramics can also be used for the fabrication of flexible sensors. As other flexible
materials for sensors, fabrics have received incredible interest due to the advent of wearable
technologies and concomitant need for portable and soft-contact devices. Although fabric-based
electronics are still in their infancy, the development rate has been quite steep. Currently, this field
is not just a replacement for conventional electronics but also has its own market, and processing
methodologies [7].

2.2.2 Fabric Based Sensors
The pervasive use of fabrics in everyday life makes them ideal candidates for the design of
sensors that are in direct contact with the human body. Fiber and textiles are the most natural
materials close to human skin (also called as second human skin) and are highly desirable for
wearable electronics. Textile-based flexible electronics are textiles that are integrated with
traditional small rigid sensors or textiles that are composed of conductive and sensing fibers as
part of sensor configuration. In other words, electronic textiles (e-textiles) are subsets of wearable
technology and aim on integrating sensing functionality into fabrics. Fabric-based transducers are
generally employed as sensors, actuators, batteries and energy harvesting devices. Development
of these fabric-based transducers have become the major focus of research in diverse fields such
as medical and human health monitoring, military, aerospace, environment, automotive, and
communication [8]. Depending on the application, the wearable e-textiles can be made with several
materials using different fabrication techniques.
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2.2.3 Conductive Fabrics
The e-textiles have been produced by enabling the use of traditional thread fabrication
methods including knitting, weaving, sewing, embroidery, spinning, etc. to merge conductive
threads with non-conductive threads [9]. In this, the conductive threads can be directly
manufactured using extruded/twisted metal wires or coated fiber/yarn [7]. The e-textiles can also
be fabricated by coating/printing processes in which the conductive materials can be directly
deposited on the non-conductive threads of a textile. Different circuit elements including resistor,
capacitor, transistor, and inductors can be realized using conductive fibers/fabrics. Figure 2.1
shows some examples of using conductive fabric for e-textile applications.

2.2.4 Coating Materials and Methods
Polymer materials are commonly used for adding sensing and conductive properties to the
fabric. Conductive particle polymers (CPPs), also known as doped polymers are composed of
organic (i.e., carbon) or inorganic (i.e., metal) constituents and have been widely employed for the

(a)

(b)

(c)

Figure. 2.1. Examples of using conductive fabric for e-textile applications: (a) LED emission with the
current passing through a single-wall nanotubes (SWNT)/cotton yarn. Reproduced with permission
from [10], (b) 6-turns spiral inductor with a diameter of 12.5 cm, embroidered on fabric using stainless
steel yarn. Reproduced with permission from [11], and (c) organic transistor using conductive cotton
fiber. Reproduced with permission from [12].
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fabrication of conductive fabrics [7]. Inherently conductive polymers (ICPs), also referred to as
synthetic metals, possesses the electrical properties of metals, while retaining the mechanical
properties of a polymer, and have been used for preparing the conductive fabrics. On the contrary
to CPPs, ICPs don’t need a doping process for achieving the conductivity and are prepared by
chemical modification of the monomers. CPPs and ICPs are categorized as electroactive polymers
(EAPs). In addition to sensing properties, EAPs also possess active properties, such as actuating
attributes, which means that they can respond to an applied electrical stimulus with a change in
their shape/dimensions [13]. Depending on the application, sensing mechanism of the fabric
sensors, and the consistency of the material, different methods including metal plating,
electroplating, electrochemical deposition sputtering, electrospinning, printing, dip coating, etc.,
have been used for coating the conductive material onto fabric [7].
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2.2.5 Encapsulation and Integration to Fabric
Insulation/encapsulation of the conductive fabric from external environment effects is
important to preserve the long-term functionality of the fabricated devices. The conductive
materials and threads are commonly prone to the environmental effects such as humidity, dust and
the corresponding devices may endure shorts and undesired responses if their conductive layers
are not encapsulated. Depending on the application, sensor structure, and the stringent requirement
for the moisture/humidity removal, different techniques can be used for insulating the conductive

High recovery TPU
Melt adhesive TPU

Stretchable conductive ink
TPU Base film
Fabric

Figure 2.2. Schematic of TPU layers with printed conductive ink integrated to fabric.

fabrics. These techniques include epoxy encapsulation, molding techniques, hot melt
encapsulation using thermoplastic materials and sewing pieces of non-conductive thread or
applying fabric compatible dielectric paints on top of the conductive layer [14]. In order to
encapsulate the conductive interconnects, thermoplastic polyurethane (TPU) film has been used
for heat press lamination on flexible structures. Fabrics are commonly not compatible for direct
deposition of metallic ink using printing process. Therefore, TPU film has been widely used for
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integrating the thin printed layers to fabric, where TPU layer can serve as a binder between the
conductive layers on the top electrodes and the fabric layer at the bottom (Fig. 2.2). Recently,
Dupont made Intexar™ stretchable electronic inks that provide strong bonding to most fabrics via
Intexar™ TPU films, thus making TPU an ideal candidate for high stretch smart clothing
applications such as fitness and health monitoring [15]. The Intexar™ TPU films comprised of
high recovery and melt adhesive layers. The high recovery TPU layer with melt adhesive TPU
layers (as shown in Fig. 2.2) is specially designed to be compatible with Intexar™ stretchable
electronic inks. The melt adhesive layer provides the bonding to fabrics under heat press
lamination. In addition, TPU is soft to touch and lightweight for wearable applications where
wearer comfort is paramount.

2.3.

Wearable Electronics
Wearable electronics are referred to a category of electronic devices that can be worn as

accessories, embedded in clothing, implanted in the user's body, or even tattooed on the skin to
provide intelligent assistance that augments memory retention, intellectual and creativity growth,
communication and physical perceptions [16]. Wearable electronics may be worn in the form of
bracelets, wristband, watches, chest band, head band, ring, badge, eyeglasses, jewelry, shoes, or
clothing. These devices are usually equipped with microprocessors and enhanced with the ability
to send and receive data via the Internet and thus this technology has played a significant role in
shaping the IoT. These devices rely on the ever-evolving sensors technology. The key
considerations in the fabrication of wearable electronics are that they have to be small, robust,
efficient in power consumption, and comfortable to wear.
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Over the past few years, wearable sensing technology has drastically moved from basic
products to a wide array of consumer products portfolio. Since 1980s, the first phase of wearable
products were designed for activity tracking purposes including counting steps, counting calories,
etc. Although these basic activity trackers encouraged individuals to get moving, they couldn’t
provide any deep insight into the actual body response to a particular movement [17]. Since 2017,
the wearable market has been in its transitioning phase by offering far more enthralling user
experiences that can provide deeper insights into the person’s body response. Figure 2.3 illustrates
the history of wearable devices. In order to understate the actual response of the body under
different external circumstances, new generation of wearables should be capable of providing the
physiological - also known as biometrics-measurements. Physiological measurements such as
heart rate, body temperature, respiration, and blood pressure can provide essential information on
detecting pre-existing or potential disorders and thus facilitate the provision of therapeutic
processes. There are many advantages associated with using the new generation of wearable

1980

2000

2006-09

2010

2012

2013

2014-16

2017-18

2019-22

The next phase
of wearable
growth

Figure 2.3. History of wearables [17].
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devices. For example, by continuous measurement of heart activity, which includes heart rate
(HR), resting heart rate (RHR), and heart rate variability (HRV), individuals can monitor their
overall cardiovascular condition and detect any progression of cardiovascular disease in initial
stages. In other words, biometric wearables are alternating the healthcare delivery and aim to detect
health issues in a much earlier and treatable stage.
Wearable devices are gradually getting closer to us after smart phones, which are
considered almost as an extension of our hands. Wearable technology offers a variety of smart
devices that can be worn on the body continually, such as health monitors, gaming and security
wears, clothing, fitness, and even jewelry [18]. Generally, wearables are proliferating across three
categories: consumer electronics and IoT devices, health monitoring wearables, and robotic and
gaming/sports wearables. As per the focus of this dissertation, health monitoring wearables will
be discussed in more details in the following section.

2.3.1. Health Monitoring Wearables
Smart flexible sensing electronics endow wearables with the capability of real-time
tracking of physiological signals. These signals are extensively associated with body conditions,
such as heart activity, respiration rate, blood saturated oxygen and glucose level, body temperature,
etc. Therefore, the capability for convenient and continuous monitoring of physiological signals is
the fundamental requirement for health assessments when non-invasive methods are desired.
Currently, healthcare services are mainly centralized in hospitals and clinics, which require
patients, even those with emergency situations, to have a trip to the hospital. In addition, clinical
equipment is usually bulky and use non-invasive and sometimes invasive devices for monitoring
the biological signals. For example, an electrocardiogram (ECG) is a heart monitor device that
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uses multiple wires attached to the chest, arms, and legs using stickers with conductive gels called
electrodes. In order to achieve proper connection and thus reliable signal collection, skin
preparation including removal of hair is needed. Then, the wires transmit the heart waveform to a
computer to be printed. The patient usually must remain motionless while the electrodes are
positioned, and the ECG measurements are performed by nurses or other trained personnel.
On the contrary, wearable devices and health monitoring apps are gradually altering the
way patients monitor themselves and access healthcare services. These wearable devices are peel
and stick patches and can be used for continuous monitoring of diverse human physiological
activities such as cardiac pulse and gait analysis. The devices can establish remote monitoring
capabilities and play a significant role in lifting the pressure from the healthcare worker to
individually interact with a patient during monitoring, especially in a pandemic situation.
Coronavirus (COVID-19) has spread globally since late 2019 and has affected the day-to-day life
of millions of people worldwide. Throughout this pandemic, the extreme demand for clinical
spaces and equipment, such as intensive care unit (ICU) resources has resulted in a disruption of
the medical supply chain, even in developed countries. In the United States of America, more than
82 million confirmed cases and almost one million deaths have been reported as of May 16, 2022
[19]. As per the data from 555 US medical centers, a total of 192,550 adults hospitalized with
COVID-19, and among them 55,593 (28.9%) were admitted to ICU. Severe hypoxic respiratory
failure requiring mechanical ventilation is the most common reason COVID-19 patients are
admitted to the ICU [20].
Typically, the hospitals are equipped with advanced equipment to monitor the human vital
signs. However, recently, due to the COVID pandemic, there has been a huge disparity between
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the availability of these devices and the number of patients who need them [21-23]. To cover this
disparity/gap, there is a need to develop and employ more accessible devices using novel wearable
technology capable of “at-home” monitoring of the physiological signals. For example, flexible
pressure sensors have been developed for object detection, structural monitoring, gait analysis in
various applications. Recently, the development of highly sensitive pressure sensors for
monitoring respiration have gained attention and are envisioned for applications in continuous
respiration rate monitoring and early detection of the patient’s respiration failures [24-26].
Based on the recent progresses in flexible sensing technology, a new concept of healthcare
delivery with portable, wearable, and remote monitoring features has been proven efficient and is
progressively replacing the traditional centralized healthcare services [27]. Also, there has been a
huge amount of research conducted to examine whether remote monitoring and digital health
records actually enhance patient outcomes, and the results are extremely positive. These health
monitors rely on sensors that can be attached to the body to measure different physiological signals
such as body temperature, heart and brain signals, muscle movements, etc. Figure 2.4 shows the
wearable health monitors that can alternatively replace the conventional diagnosis methods in
clinical practices. In the following section, some recent advancements in the flexible sensing
electronics that in turn develops wearable and health monitoring devices are reviewed.
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Figure 2.4. (a) Centralized healthcare system [https://www.dreamstime.com] and (b) potential
smart wearable health monitors. Reproduced with permission from [27].

2.3.1.1

Body Temperature Measurement

Body temperature is one of the most important properties in clinical assessment of a human
body and health management. Hyperthermia can significantly affect the function of body enzymes
which in turn interferes the chemical reactions in the body; thereby constant body temperature is
essential for a healthy metabolism [28-29]. Changes in body temperature and abnormal body
temperature reflects important information about human health. However, body temperature
measurements are sometimes challenging since the body surface temperature can easily be affected
by the temperature of the surrounding environment. In addition, conventional body temperature
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measurements are prone to the effect of motion artifacts and unfunctional in monitoring specific
sites of the body such as wounds, and tumors [30,31]. Moreover, the conventional clinical
thermometers were invasive devices that had to be inserted into the patient’s body from sites such
as rectum, mouth, esophagus, etc. This caused a significant discomfort to the users along with the
risk of developing infection especially in neonates.
In recent years flexible and wearable temperature sensors with high sensitivity, portable
platform and capability for real-time monitoring have been developed to achieve accurate
detection of human body temperature. Recent temperature sensors with biocompatibility and
mechanical flexibility features are provisioned to overcome the problems associated with the
conventional technology, which has been struggling between the accuracy and patients’ comfort.
Wearable epidermal heat flux sensors have been developed for non-invasive monitoring of the
body temperature [32-34]. Ultrathin and flexible devices have been fabricated using silicone-based
materials, polyurethane (PU) foam, composites of conductive materials, temperature sensitive
polymers, and thermochromic liquid crystals as colorimetric temperature indicators, for mapping
the skin temperature with milli-Kelvin precision [35]. For example, composites of CNT and
PEDOT:PSS have been widely used as temperature sensitive material for the fabrication of flexible
temperature sensors [36-37]. In order to evaluate the temperature sensitivity of a specific material,
one key parameter is the temperature coefficient of resistance (TCR) and higher TCR values
corresponds to higher sensitivity for resistance-based temperature sensors. In addition, for a
specific material, the TCR value varies dynamically at different temperature ranges. Therefore, for
monitoring the human body temperature using wearable temperature sensors, it is crucial to ensure
that the sensing material has a high TCR in the human body temperature range which is 34 to
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42 °C. Figure 2.5 shows an example of flexible sensors for detection of body temperature. The
developed flexible temperature sensor consists of arrays of temperature sensors that rely on the
TCR in thin (50 nm) and narrow (20 µm) serpentine traces of gold, fabricated using
microlithographic techniques. This device with multiplexed arrays of sensors works based on PIN
diodes where changes in temperature cause shifts in the turn-on voltage [38]. These portable and
highly sensitive temperature sensors have been realized using FHE technology and can
significantly facilitate the “at-home” monitoring services.

2.3.1.2

Blood and Sweat Analysis

Recent progresses in wearable health monitoring technology has enabled quantitative
chemical analysis of the human biofluids such as, sweat and tears. Soft wearables integrated with
microfluidic channels and wireless data transmission can potentially eliminate the need for
invasive assessments in collecting blood samples [39]. Detecting markers such as sodium and
potassium ions, glucose, and lactate have been used as indicators for different pre-existing or

(a)

(b)

(c)

(d)

Figure 2.5. Ultrathin, compliant, skin-like arrays of precision temperature sensors: (a) Image of a 4×4
TCR sensor array after application to the skin, (b) Similar device, deformed by pinching the skin in
a twisting motion, (c) Magnified image of a related device on a microperforated elastomeric substrate,
under tensile strain, and (d) Infrared image of a 4×4 TCR sensor array mounted on the wrist at a
location near the ulnar artery. Reproduced with permission from [38].
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potential disease. For example, blood glucose level – also known as sugar concentration – is an
important indicator and has been widely used for recognizing the diabetic patents.
However, the conventional and most current techniques for measuring the blood glucose
level involves using finger-picking blood samplers, which usually cause significant discomfort to
patients along with the risk of developing infection in body limbs. Recently, enzyme-based
microneedle sensors have been used for health assessments and are reported to cause a minimum
discomfort to patients when compared to the finger-pricking blood sampling methods. In this
method, the microneedle is inserted into the patient’s skin and the measurements are based on the
chemical analysis on the skin interstitial fluid [40].
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(a)

(c)

(b)

(d)
Figure 2.6. Flexible and wireless sweat monitoring device: (a) Colorimetric detection reservoirs that
enable determination of total water (sweat) loss and concentrations of lactate, chloride ions, pH, and
glucose, in sweat, (b) Using smartphone to launch software for image capture and analysis, (c) Images
of the epidermal microfluidic biosensor (left) before and (right) after injecting artificial sweat, and
(d) Digital color data (in%RGB format) converted into analyte concentrations using calibration
curves. Reproduced with permission from [39].

Over the past few years, flexible and wearable sensing devices have been developed for
monitoring the blood glucose level based on the chemical analysis of biofluids such as sweat and
tears. For example, soft, flexible, and stretchable microfluidic channels have been fabricated using
PDMS membranes and colorimetric dye that can respond to multiple bio markers with wireless
data transfer capability, as shown in Fig. 2.6. The device is designed for soft, flexible, and
stretchable microfluidic systems, including embodiments that integrate wireless communication
electronics, which can intimately and robustly bond to the surface of the skin without any physical
irritation. This integration defines access points for a small set of sweat glands such that
perspiration spontaneously initiates routing of sweat through a microfluidic network with a set of
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reservoirs. Embedded chemical analyses respond in colorimetric fashion to markers such as
chloride ions, hydronium ions, glucose, and lactate [39]. The recent FHE based biosensors have
been proven to be reliable, convenient to patients, light weight, real-time, and safe for detection of
several compounds in the blood and biofluids, such as sugar concentration

2.3.1.3

Electrocardiographic Measurements and Heart Rate Tracking

According to the World Health Organization (WHO), cardiovascular disease is the leading
cause of death on the planet. It kills nearly 18 million people per year, which is roughly 32% of all
mortalities worldwide [41]. Cardiovascular diseases (CVDs) are known as a group of disorders in
the functionality of the heart and blood vessels. Depending on the type and location of the
deficiency or damage, these disorders have several types including coronary heart disease,
cerebrovascular disease, peripheral arterial disease, rheumatic heart disease, congenital heart
disease, and deep vein thrombosis and pulmonary embolism [41]. In these disorders usually, the
blood vessels fail in supplying blood to the heart muscles, brain, arms and legs; or a damage to the
heart muscle, birth defects, and blood clots interrupt the normal development and functionality of
the heart.
In our body, nerves and muscle cells communicate with each other using electrical and
chemical signals. Similarly, electrical signals control our heart muscles and our heartbeat. A group
of pacemaker cells in the right atrium of our heart - known as the sinoatrial node (SA) – generate
and send electrical signals. These electrical signals are immediately spread through the tissue of
the heart muscles as electrical impulses. Following this the atria and then the heart’s ventricles
began to contract. The propagation of these signals in the heart can be measured on the surface of
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the skin. In fact, an ECG examination measures the changes in the electrical signals (represented
as voltage change) on different areas of skin and plots them as a graph. The ECG graph is called
an electrocardiogram and is used to understand the heart functioning. The electrocardiogram
mainly reports the heart rate and heart rhythm which represent how often and how regularly our
heart beats. This information can help in diagnosis of a special disorder such as narrowing of the
coronary arteries, a heart attack or an irregular heartbeat like atrial fibrillation [42].
Anatomically, the heart has two upper left and right arteries, and two lower left and right
ventricles. The steady beating of the heart forms a typical ECG pattern which contains five major
components including the P wave, QRS complex, and T wave. P wave, which shows the spread of
the electrical impulse across the two atria of the heart. These electrical impulses are carried through
the two arteries to atrioventricular (AV) node. AV node stops the signal for a short time duration
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Figure 2.7. Generation of a typical ECG signal in a normal cycle of heartbeat. Reproduced with
permission from [43].

to complete the atrial depolarization. Afterwards, the atria contract, pumping blood into the
ventricles, and then immediately relax. The electrical impulse then reaches the ventricles, and
forms the Q, R and S waves of the ECG, which is well known as the QRS complex. The signal is
then sent out of the ventricles to complete the ventricular repolarization, when ventricles contract
and the T wave shows that the electrical impulse has stopped spreading. Finally, the ventricles of
the heart relax once again completing one heart cycle. Figure 2.7 shows a typical heartbeat cycle
[43].
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Although heart attacks and strokes are instantaneous events, they can be significantly
prevented, and the mortal risk of many heart disorders can be obviated if the heart activity is
monitored continuously. However, the current clinical electrocardiographic equipment is bulky
and expensive and can only be operated by nurses and trained personnel; restricting accessbility.
In addition, the majority of the current real-time monitoring devices, such smartphones and smart
watches, with the capability of heart rate measurement, are designed for fitness purposes and don’t
provide any reliable/technical information that can be used for diagnosing heart disorders. Three
main ECG tests include resting ECG, exercise ECG, and holter monitor and these tests involve
subject lying still on the back with a bare chest for some minutes, measuring while patient is
physically active, or monitoring the heart activity over a period of 24 hours by the use of portable
electrodes attached to the chest, respectively.
Development of wearable ECG monitoring devices, with practical measurement
capabilities, facilitates more frequent and “at-home” screening of patients who are at risk of heart
disease. These devices should contain special electrodes that can undergo large deformation and a
high degree of freedom to be positioned on the curvilinear surfaces of the human body for actual
medical practices. For example, stretchable liquid metal-based electrodes have been used to satisfy
the requirement of such a large deformation. The liquid metal electrodes can undergo large
deformation of more than 350% for 4500 times and maintain a stable resistance when the
electrodes are stretched [44]. As an alternative, conductive electrodes can be integrated onto fabric
in the form of wearable patch or chest bands, when attached to ECG monitors attached to the fabric
they can use wireless data transmission capabilities such as Bluetooth, Bluetooth low energy
(BLE) or Wi-Fi for continuous monitoring of the heart activity [45-47]. In practice, these portable
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FHE-based ECG devices can facilitate more accessible and cost-effective ECG screening for
individuals, and this can in turn significantly reduce the cardiovascular-related mortalities.

2.3.1.4

Respiration Sensors and Oximeters

Respiration and blood saturated oxygen measurements provide significant information on
the volume of the lung and perfusion. Monitoring both these parameters can help in understanding
the severity of the abnormal respiratory conditions in patients and plays a critical role in pandemics
such as COVID. Respiration monitoring can be performed by advanced/noninvasive monitoring
of blood gases, both arterial and venous, as well as monitoring of brain and organ oxygenation.
Even though hospitals and specifically ICUs are equipped with professional devices to
perform the heart-respiratory monitors, more accessible devices can be extremely helpful for
patients under regular care. For example, flexible and stretchable peel and stick patches can be
used for continuous monitoring of diverse human physiological activities such as cardiac pulse,
and respiration rate. In addition, highly sensitive pressure sensors, capable of being attached to the
skin, fabric or clothing have been used for continuous monitoring of activities such as cardiac
pulse, respiration rate, and body motions. Many of these highly sensitive pressure sensors have
been reported to use capacitive mechanism with hybrid micro-structured dielectric layers that can
result in ultra-high sensitivity sensors for detecting the human pulse and respiration [48-49].
Oxygen saturation level, which refers to the ratio of oxygenated hemoglobin to the total
hemoglobin in blood, will aid in early detection of several disorders such as hypoxemia,
deteriorating organ function, cardiac arrest, and wound prone tissues [50]. Normal arterial blood
oxygen saturation levels range between 95%–100%, and values below 90% are considered low
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and known as hypoxemia. Hypoxemia, can cause mild problems such as headaches and shortness
of breath and in severe cases it can interfere with heart and brain function [51] or even be fatal.
Arterial blood oxygen saturation levels can also contribute to wound healing processes in the
human body, with low blood oxygen supply being one of the factors that halts healing of the
chronic wounds such as diabetics’ foot ulcer. According to the American Diabetes Association
[52], in 2016, 131 million people were estimated to be suffering from diabetes related lower
extremity complications (DRLECs). It was reported that 1.1 million amputations, without
prosthesis, and 0.4 million amputations, with prosthesis, were performed [52]. Reports estimate
diabetic amputations are rising in the United States [53]. These complications can be effectively
avoided if early diagnosis and treatment is available using wearable health monitoring devices. In
fact, continuous monitoring of arterial oxygen saturation (SpO2) levels at the foot of a diabetic
patient can provide critical information on the status/severity of an ulcer and can promote timely
wound management/treatment including possible oxygenation to the wound bed.
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A photoplethysmograph (PPG) is a simple medical device that can monitor the blood flow
and transportation of substances in the blood and help in evaluating the patients’ physiological
condition. PPG can help measure the complex mixture of the blood flow in veins as well as arteries
of the cardiovascular circulatory system. In clinical practice, PPG is used in assessing vital signs
and widely used to monitor cardiac-induced blood volume changes in microvascular beds for
measuring the blood flow and oxygen saturation at peripheral body sites, such as the finger,
forehead, earlobe, and toe. Flow in these areas can be used in diagnosing the presence of diabetes
[54]. Figure 2.8 shows the PPG signal in relationship to the ECG captured cardiac cycle. As shown,
PPG can easily capture sequential heartbeats and can be used to measure not only heart rate (HR)
but also heart rate variability (HRV). This can be done by monitoring the inter-beat intervals (IBI),
which represent the R-R intervals in the ECG signal. In addition, pulse arrival time (PAT) and
pulse transit time (PTT), can be used for assessing vascular related disorders such as hypertension
and arterial stiffness when a PPG and ECG are performed simultaneously.

Figure 2.8. Comparison between ECG and PPG signals.
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PPG sensors are commonly worn on the finger because of the high signal amplitude that
can be achieved. However, this configuration is not usually desirable in continuous monitoring
applications since it restricts the use of the fingers in daily activities. In addition, for diabetic
patients, constant monitoring and assuring the appropriate oxygen level in their foot is critically
important for healing the ulcer’s cells/tissues. For example, a smart shoe insole consisting of PPG
sensors, has been used for measuring the blood flow, and SpO2 levels at peripheral body sites, such
as the toe [55]. Such capabilities have been achieved using flexible and wearable sensory systems
that have also seamlessly integrated the internet of things (IoT) via developed mobile apps; thus,
enabling "home-care" monitoring [56].

2.3.1.5

Wound Healing and Sterilization Devices

Hard-to-heal wounds are commonly classified as wounds that don’t show a promising
progress towards healing during an expected time interval as a side effect of some other health
disorders such as obesity, diabetes, pressure ulcers, and age-related vascular diseases [57]. For
example, in patients with diabetes disease, the already compromised cardiovascular/circulation
system – caused by high blood glucose levels - impairs the wound healing processes due to a low
supply of blood, oxygen, and nutrients to the tissues. Wound dressings are commonly used to
protect the damaged tissues and veins from extraneous contamination while providing better
healing environment via moisture management. Wound dressing change intervals usually depends
on the type of dressing as well as wound severity and patient’s needs. In addition, excessive
changing of the wound dressing has been identified as a problem in clinical practices by
considering the probability of contaminations associated with them and the unnecessary increase
in the treatment costs [58].
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Integration of wearable and smart electronic sensors into the wound monitoring devices
enables the continuous monitoring of the wound status without causing any disturbance to the
wound milieu. However, the electronics and sensor devices that can be practically efficient for
wound monitoring purposes are required to be low profile, biocompatible, flexible, moisture
resistant, and disposable. Due to the need for these specifications, most of the wound monitoring
wearables are still under development by research groups worldwide and there are no
commercialized wound monitoring devices available in the market that can be practically used for
clinical diagnosis. In order to quantify the wound status using flexible electronics, specific wound
parameters are needed to be sensed. These wound parameters include acidity of the wound that
can be detected by measuring the potential hydrogen (pH) in the wound milieu as well as moisture,
temperature, external bandage pressure, wound oxygenation, uric acid, etc. [59]. For example, a
smart wound dressing has been fabricated on a biocompatible water resistant/hydrophobic paperbased substrate with printed optical oxygen sensors along with oxygen generating regions that are
connected to a flexible microfluidic system (Fig. 2.9). In this work oxygen generation has been
achieved by flowing H2O2 through the channels and chemical decomposition at the catalyst printed
regions on the paper substrate. The hydrophobic paper provided structural stability and flexibility
with simplicity of fabrication by offering printability, selective gaseous filtering, and
physical/chemical protection [60,61]. Many researchers have been working on sensing the afore
mentioned various parameters of the wound and provide corresponding nutrients or other materials
to accelerate the healing process.
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Disinfection and surface sterilization processes are also considered as inseparable parts of
the healthcare section and play significant role in both disease prevention and treatment. These
processes include eliminating pathogenic microorganisms such as viruses, bacteria, fungi, and
protozoa from solid surfaces, body limbs/tissues, or fluid media. The microorganisms and
microbes can cause several diseases in human and animals. In addition, they can be interfering
with food spoilage that can cause food poisoning related disease. Infections are very common once
the pathogenic micro-organisms enter the body, find the proper environment to multiply, and
interfere with normal body functions. Hospital-acquired infections such as surgical site infections
(SSI) have also been widely reported. The conventional sterilization techniques such as steambased sterilization are typically bulky and expensive devices that often require special chambers.
On the other hand, chemical sterilization and disinfection methods typically use highly flammable,
and toxic chemicals such as chlorine compounds, hydrogen peroxide, alcohols, etc.
(a)

(b)

(c)

Figure 2.9. (a) Smart wearable wound dressing with oxygen sensing and delivery patch capabilities,
(b) cross-sectional view and (c) mechanisms for generating and sensing oxygen. Reproduced with
permission from [61].
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In order to overcome the disadvantages associated with the conventional sterilization
methods, microplasma based sterilization technology have been introduced as a promising
solution. Moreover, flexible microplasma devices, which can be conformal to the skin, have been
recently replacing the conventional rigid structures to facilitate decontamination of wounds or food
products. For example, a flexible microplasma discharge device (MDDs) has been fabricated for
eradication of E. coli and P. aeruginosa using ambient air as the sterilizing agent. A rapid laser
ablation process has been used for the fabrication of MDDs followed by attaching flexible copper
tape electrodes on two sides of a flexible polyethylene terephthalate (PET) dielectric film. The
device has been patterned with a honeycomb structure which resulted in a uniform voltage
distribution and facilitated the formation of the reactive species and UV radiation throughout the
surface of the MDD in ambient air conditions [62,63]. Therefore, advancement in FHE based
wound healing and sterilization devices as well as integration of wearable and smart sensors can
significantly prevent infections and other chronic wound-related side effects.

2.4

Sensor Characteristics
The characteristics of any sensor define its performance and help in selecting appropriate

sensors for different applications. The characteristics of the sensors can be categorized as electrical
and mechanical properties of the sensor and generally vary by changing materials composition or
structures that result in changing the physics of the device.
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2.4.1 Electrical Cancerizations
The electrical response of the sensor to a specific input stimulus can be evaluated by
measuring several parameters. These parameters include accuracy, precision, sensitivity,
resolution, non-linearity, hysteresis, selectivity, etc. and are discussed briefly in the following:
a) Accuracy: The accuracy is commonly reported as percentage error and refers to the
difference between the ideal or expected output signal values compared to the actual/measured
values [64]. For example, for capacitive pressure sensors the accuracy can be defined as Eq (2.1):
ɛ (%) =

[𝐶𝑎𝑐𝑡𝑢𝑎𝑙 −𝐶𝑖𝑑𝑒𝑎𝑙 ]
𝐶𝑎𝑐𝑡𝑢𝑎𝑙

×100

(2.1)

where Cactual, Cideal and ɛ(%) are the actual measured capacitance, ideal capacitance, and the
sensor’s accuracy respectively.
b) Precision or repeatability: The response of the sensor is desired to be repeatable under the
application of the same inputs. In order to investigate the repeatability of the sensors, also known
as precision, reproducibility, or durability, the sensor’s output is recorded when the same input is
applied multiple times.
c) Sensitivity: This feature reflects the relationship between the changes in sensor’s input and
output – which are commonly physical and electrical attributes, respectively. In fact, the ratio of
incremental output to the incremental input is defined as sensitivity as shown in Eq (2.2):
[𝑌 −𝑌1 ]
2 −𝑋1 ]

𝑆 = [𝑋2

(2.2)

Where Y and X refers to the sensor output and input, respectively. In other words, when plotting
the output versus input, the slope of the graph represents the sensor’s sensitivity as shown in
Fig. 2.10.
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Figure 2.10. Sensor’s output vs input and the slope of the graph representing the sensitivity.

d) Non-linearity: The maximum deviation of the output signal from an ideal calibration line
is called non-linearity. Non-linearity is commonly reported in percentage (%) and is considered
zero for ideal sensors. The non-linearity can be calculated using Eq. (2.3):
𝑁𝐿 (%) =

[𝑌𝑜𝑢𝑡 (𝑋𝑖𝑑𝑒𝑎𝑙 )−𝑌𝑜𝑢𝑡 (𝑋𝑚𝑎𝑥 )/𝑋𝑚𝑎𝑥 ]
𝑌𝑜𝑢𝑡 (𝑋𝑚𝑎𝑥 )

×100

(2.3)

Where Xideal, Xmax, and Yout, are input at calibrated points, input at maximum operating points, and
corresponding output value, respectively.
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Figure 2.11. Output signal for different given inputs during loading and unloading: (a) stepwise and (b)
relative response.

e) Hysteresis: The maximum difference between the output signals of a sensor for a given
input signal at the same point of increasing (loading) and decreasing (unloading) measurement
responses, compared to the maximum possible difference in output - which is between the peak
and the base values of the output signal - is known as hysteresis and can be calculated from Eq.
(2.4):
[𝑌 −𝑌 ]

𝐷𝐻 (%) = [𝑌2 −𝑌1 ] × 100
𝑝

𝑏

(2.4)

Where Y1, Y2, Yp, Yb are the output signal for a given input during loading, and for the same given
input during unloading, peak, and base value, respectively, as shown in Fig. 2.11 (a). The degree
of hysteresis is commonly reported in percentage (%) and its maximum value which corresponds
to the largest deviations between outputs - for a specific given input - during loading and unloading
is recorded (Fig. 2.11 (b)).

2.4.2 Mechanical Characterization of Flexible Structures
Flexible hybrid electronics (FHE) aim to incorporate all the functional features of the
conventional rigid electronics in the form that can sustain different mechanical deformations. This
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would be critical to ensure the performance of flexible devices under the application of bending,
stretching, peeling, and other mechanical stresses. In addition, interfacing of soft and hard
electronics is a key challenge for FHE. Therefore, reviewing the techniques that can be employed
to expose the flexible devices to similar mechanical deformations is required to anticipate the
device performance under actual circumstances. When it comes to wearable devices, evaluating
the mechanical characteristics of the flexible devices becomes even more momentous due to the
nature of the application which is meant to be associated with curvilinear surfaces of the human
body and different clothing. In the following, attributes including basic mechanical parameters
such as bending and stretching deformations, bonding between metal and flexible polyimide
substrates, stress distribution on multilayers and adhesion/cohesion analysis will be discussed.

2.4.2.1

Basic Mechanical Parameters

In order to understand the performance of the flexible electronics under deformation, first
it is important to define the basic mechanical parameters that describe the deformation.
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(a)

(b)

(c)

(d)

Figure 2.12. Deformation of (a) a solid body under: (b) tensile, (c) compressive and (d) shear strain.

a) Strain: strain is a non-dimensional quantity which describes the shape changes resulting
from a mechanical stress. Depending on the direction of the applied stress, strain can be further
specified into tensile strain, compressive strain, and shear strain. Tensile strain describes the
deformation or elongation of a solid body with respect to a reference length. In other words, under
the application of a tensile stress, the body deforms/stretches and increases its length causing a
tensile strain. On the contrary, compressive strain describes a compacted shape with respect to its
reference length. In other words, under the application of a compressive stress, the body
deforms/squeezes and decreases its length causing a compressive strain. In addition, shear strain
is defined as a deformation in which parallel faces move in opposite directions caused by the
applied transverse forces. Figure 2.12 depicts the schematic of the shape change under the
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application of tensile, compressive, and shear stress/strain. The common representation of tensile
or compressive strain, is “ɛ” and can be calculated from Eq. (2.5)
ɛ =

∆𝐿
𝐿0

(2.5)

where L0 is the original length and ∆L is the change in dimension with respect to this reference
length. For example, a solid body which has doubled its length under a tensile stress reaches the
ɛ = 1 while squeezing to half of its original length causes an ɛ = 0.5. Although the compressive
strain is expected to be represented by a negative sign, the absolute value is typically used. Shear
strain is also defined as a change in the angle formed by the faces under stress [65] and can be
calculated from Eq (2.6)
γ = tan θ

(2.6)

where γ represents the shear strain and θ is defined as the change in the angle formed by the faces
under stress.
b) Stress: Force per unit area applied on the surface of a solid body is defined as stress. Stress
is generally caused by externally applied loads. However, internal effects such as thermal and
vibration attributes can also cause considerable stress without the presence of any external force.
Eq (7) describes the tensile or compressive stress, where σ represents the tensile/compressive
stress, F is the applied force (usually in N), and A is the cross-sectional area of the solid body
(usually in m2) as shown in Fig. 2.12.
𝜎 =

40

𝐹
𝐴

(2.7)

For shear stress, the mathematical definition is the same (as provided in Eq (2.7)), however, to
further distinguish shear stress from tensile or compressive stresses, symbol “τ” represents this
type of stress.
c) Elastic Modulus: Elastic modulus - also known as modulus of elasticity or Young’s
modulus - is defined as the mechanical property of a material to withstand the compression or the
elongation under load. The elastic modulus is commonly denoted by E – with the unit of N/m2 in
the metric system - and quantifies the relationship between tensile/compressive stress (ơ) and strain
(ɛ) in the linear elastic region of a material as shown in Eq (2.8)
𝐸 =

ơ
ɛ

(2.8)

Since Young’s modulus is meaningful only in the range that stress is linearly proportional to the
strain, this equation can be considered as a specific form of Hooke’s law. In fact, within the linear
region, the material returns to its original dimensions after removal of the external force. However,
as the stress increases beyond the linear region, the material may undergo permanent deformation,
or break.
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2.4.2.2

Bending and Stretching Deformations

In order to investigate the bending tolerance of flexible electronics, the device performance
metrics need to be evaluated during a mechanical bending process. Several parameters can be used
to describe the bending deformation, among which the radius of curvature is the most common
variable. The radius of curvature is commonly represented by r and determines the radius of a
circle in which the bending sample is tangent to the circle at a point (Fig. 2.13). Generally, smaller
r corresponds to a higher level of bending and thus the sample undergoes larger deformation. As
a naming convention, bending the sample toward its functional electronics plane induces a
compressive strain while bending the sample away from its functional electronics plane causes a
tensile strain. In other words, as illustrated in Fig. 2.13, when a thin solid is bending, the convex
side will be in tension whereas the concave side is in compression.

Convex bending

Concave bending

(a)

(b)

Figure 2.13. Schematic of the radius of curvature in the experimental setup of a thin film resistor in
the: (a) convex side under tensile stress (b) concave side under compressive stress. Reproduced with
permission from [66].
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In order to investigate the stretchability of flexible electronics, the device performance
metrics need to be evaluated under tensile stresses, continuously or periodically. Therefore, the
measurements can be performed for linearly increasing strains or cyclic stretching intervals to a
desired maximum strain. Depending on the geometry of the specimen, the elongation/strain axis
may or may not be important. The specimen is usually clamped between the grips of a tensile tester
equipment and the force and displacement data are recorded, which in turn will be utilized in
plotting the stress-strain curves.

2.4.2.3

Metal Bond on Flexible Polyimide Substrates

Flexible substrates such as Kapton polyimide thin films have been widely used as
substrates in the fabrication of electronic circuitries and devices due to its high dielectric constant,
mechanical and high thermal stability and good chemical resistance and biocompatibility [67].
Kapton polyimide thin films have also been employed as dielectric layers in flexible antennas,
capacitive pressure sensors, and printed circuit boards (PCB) for applications in wearable
electronics, medical diagnostics, electronic skins (e-skin) and soft robotics. Different types of
sensors have been fabricated on Kapton polyimide thin films and have been reported for detecting
gas, humidity, and pressures [68,69].
During the fabrication of different electronic devices, multiple conductive metallic layers
are required to be deposited, on thin film substrates, as electrodes or interconnects. Therefore, the
adhesion/cohesion between substrate and metals is significantly important for the successful
development of FHE systems. However, it is well known that metals form weak bonds with
substrates such as polyimide [70-72]. Several methods which involve increasing the film
roughness or forming metal oxides have been reported for increasing the adhesion of polyimide
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substrates to conductive metals such as gold, silver, and copper [73,74]. Among the materials,
conductive copper has been highly desired due to its low cost and abundant availability. In addition
to the weak adhesion of metals, the study of multi-layered structures has reported deformations of
stiff metals when subjected to mechanical forces. It has been demonstrated that when the polyimide
thin film substrates are stretched, “stiff islands” of overlayer metal experience deformation to the
applied strain [75]. It is thus crucial to evaluate the significant parameters including interface
adhesion and deformation behavior of electrode materials.

2.4.2.4

Multilayers and Adhesion/Cohesion Analysis

Over the past few years, with the developments in FHE [76-78], rapid prototyping methods
for material processing and fabrication have been employed in different applications. To reduce
the challenges associated with depositing metals on thin film substrates, various types of
conductive tapes have been implemented. For example, Bi-layered flexible copper tape/Kapton
polyimide structure (BL-FC/KP-S) have been employed in the fabrication of antennas,
microplasma discharge devices, and different types of sensors [79-81]. Bonding between metallic
tapes and thin film substrates as well as the deformation behavior of metal on adhesive are decisive
factors for the development of FHE devices.
FHE devices composed of stacked multilayers are meant to be exposed to frequent bending
and stretching events. In these multilayered devices, which are also known as composite films, the
concentration of the stress may be different at each interface, where different material bonding can
become more prone to failures during mechanical deformations. Eq (2.9) shows the stress
distribution in a three-layered composite film subjected to a bending deformation with the smallest
radius of curvature of R (as illustrated in Fig. 2.14) where t and σ denote the layers’ thickness and
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Figure 2.14. Schematic of a three-layer structure under bending deformation with the smallest radius
of curvature of R and stress portions of σ1, σ2, and σ2.

the corresponding applied stress, respectively. From Eq (2.9), it can be understood that in
composite films, the stress of a film can be compensated by adding another film with a counter
stress.
σtotal . (t1 + t2+ t3) = σ1 . t1 + σ2 . t2 + σ3 . t3

(2.9)

Therefore, strong adhesion between bonded materials is a vital characteristic in the formation of
practical flexible devices that can tolerate external loading. In order to prevent failures in FHE
sensing systems, it is important to evaluate the bonding of materials in these devices under different
mechanical deformation, when the interfacial stress increases.
According to the Pressure Sensitive Tape Council (PSTC) [82], pressure sensitive tapes
have a continuous flexible strip of cloth, metal, paper, or plastic coated on one side and a
permanently tacky adhesive on the other side (at room temperature). Pressure sensitive tapes can
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Cohesion

Adhesion
Copper

Copper

Kapton Substrate

Kapton Substrate
(a)

(b)

Tack

Copper

Quick contact

Kapton Substrate
(c)
Figure 2.15. Pressure sensitive copper tape adhesive on Kapton substrate: (a) adhesion, (b) cohesion
and (c) tack bondings.

adhere to a variety of surfaces with light finger pressure. Generally, no activation by water, solvent,
or heat is required to achieve a strong adhesive force towards diverse materials. Performance of
the pressure sensitive tapes is commonly characterized based on three types: adhesion, cohesion,
and tack. As an example, Fig. 2.15 illustrates the pressure sensitive copper tape adhesive on a
Kapton polyimide substrate. Adhesion is the bonding strength of the adhesive to the substrate (Fig.
2.15 (a)) while cohesion refers to the inner strength of the adhesive in the pressure sensitive tape
(Fig. 2.15 (b)). Tack is related to the property of a pressure sensitive adhesive that allows it to
adhere to a surface under very low pressure (Fig. 2.15 (c)). This property is evaluated by the ability
of the adhesive to quickly wet the surface when brought in contact to each other. Higher cohesion
(inner strength) corresponds to lower tack which in turn results in less flow on rough surfaces.
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Figure 2.16. T-peel test performed for debonding a pressure sensitive copper tape adhesive from a
Kapton polyimide substrate.

Therefore, for employing easy prototyping techniques via the use of pressure sensitive tapes in
different FHE electronic circuitries and devices, the adhesion and cohesion strength are significant
types to be investigated.
Adhesion, which is the attraction between the adhesive and the substrate can be affected
by the forces applied perpendicular to the bonding region. The adhesion strength of the pressure
sensitive tape is measured as the force required to overcome the bonding between adhesive and
substrate. A T-peel test provides an opposite force perpendicular to the bonding area and can be
used for measuring the adhesion strength of a pressure sensitive tape on a substrate. ASTM 1876
is the most relevant standard for performing the T-peel test. The test is performed using a tensile
tester machine by which the strips of pressure sensitive tape and flexible substrate will be debonded in a peeling process. The load and the peel extension data can be recorded and used for
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Figure 2.17. Stress transfer from the Kapton substrate to the overlayer copper tape through destruction
of the cohesion bonds in a stretch test.

estimating the adhesion strength. Figure 2.16 shows the T-peel test performed for de-bonding a
pressure sensitive copper tape adhesive from a Kapton polyimide substrate.
Cohesion which refers to the inner strength of the adhesive can be generally affected by
the forces that are applied in parallel with the bonding region of a pressure sensitive tape and a
substrate. By stretching the substrate, energy/stress will be transferred through the adhesive
interface – by destroying the cohesion bonds – to expand the overlayer tape. The force required
for stretching a single layer of bare substrate can be used and compared for analyzing the cohesion
energy at the tape-substrate interface. Fig. 2.17 shows the transfer of stress from the Kapton
substrate to an overlayer copper tape through the destruction of the cohesion bonds in a stretch
test.
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2.5

Summary
This chapter provided a comprehensive review on FHE based electronic devices and

wearable and health monitoring sensors. Initially, an introduction to sensors and differences
between rigid and flexible sensors was provided. After that, sensing material and fabrication
requirements for flexible sensors were discussed. In this section, fabric-based sensors were
highlighted as the main category of the sensors used in wearable applications. Following this, the
history of the wearable and health monitoring devices as well as different phases of this industry
that have been determined based on the people’s need and lifestyle was reviewed. Then, health
monitoring devices that are recently used in the form of wearables for facilitating the measurement
of the human physiological metrics were introduced. Finally, sensor characteristics including
electrical, and mechanical features were discussed.
The next chapter discusses a project that involves the development of highly sensitive
pressure sensors on a fabric platform for detecting the sport-related head injuries. It includes the
details about fabrication, experimental setup, and test results.
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CHAPTER Ⅲ
HIGHLY SENSITIVE POROUS PDMS-BASED CAPACITIVE PRESSURE
SENSORS FABRICATED ON FABRIC PLATFORM FOR WEARABLE
APPLICATIONS
3.1.

Introduction
Wearable highly sensitive flexible pressure sensors have been receiving growing attention

in recent years due to potential applications in electronic skin (e-skin), health monitoring devices,
medical diagnostics, touch screens, smartphones, and robotics [83-91]. Various wearable pressure
sensors capable of detecting low-pressure ranges such as heart pulse measurements and highpressure ranges such as ergonomic chairs have been reported [92-94]. The wide variety of
applications demands high sensitivity over a wide pressure range: 0-1000 kPa. Based on sensing
mechanisms, pressure sensors can be classified as piezoresistive, capacitive, and piezoelectric [9597]. Among the different transduction mechanisms, capacitive pressure sensors are more practical
with excellent sensitivity, stability, and response time required for different applications [98].
Enhancing the sensitivity of pressure sensors has been investigated by several researchers
[99-101]. Capacitive pressure sensors with a deformable elastomeric dielectric layer sandwiched
between two conductive electrodes, similar to parallel plate capacitors configuration, have been
widely used due to the simplicity in design and fabrication [102]. In this configuration, the
capacitance of the pressure sensor changes when the elastomeric dielectric layer deforms due to
the application of external pressure [103]. Polydimethylsiloxane (PDMS) based silicone materials
have been extensively employed as the elastomeric dielectric layer due to their excellent
characteristics, including flexibility, biocompatibility, and mechanical properties [104]. In recent
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years, constant efforts have been made to increase the sensitivity of the pressure sensors by
reducing the elastic modulus of the elastomeric dielectric layer and thus in-creasing its
deformation. As the deformation of PDMS in-creases, the pressure sensor gets more compressed
and provides a greater change in output capacitance, resulting in increased sensitivity. The
aforementioned efforts include micro-structuring (micro-pyramid and micro-cone structures) of
PDMS using laser patterning techniques [105,106]. However, fabrication of these microstructures
is often complex and not suitable for mass production. In addition, microporous PDMS structures
have been developed using sacrificial 3D templates [107-111]. The 3D templates are typically
made by mixing PDMS with the sacrificial materials such as salt/sugar and base chemicals. When
the 3D templates are treated with either water or acids, the sacrificial materials dissolve, resulting
in the creation of micro-pores in the PDMS. These micro-pores are responsible for the increase in
the deformation of PDMS when the pressure sensor is subjected to externally applied pressures
and this, in turn, improves the sensitivity of the pressure sensors [112].
The creation of micro-pores using an acid-base/thermal de-composition chemical reaction
provides a relatively more controlled and uniform pore distribution when compared to other
methods. In addition, acid-base/thermal decomposition chemical reactions provide closed pore
structures that cause a more durable PDMS layer with a relatively low change in its dielectric
constant compared to the open pore structures generated when using sacrificial materials such as
salt/sugar and base chemicals. Even though the micro-porous PDMS dielectric layer created using
acid-base/thermal decomposition chemical reaction has numerous advantages, this technique has
not been extensively employed in the fabrication of highly sensitive pressure sensors, since they
release toxic gases while generating micropores in the PDMS. For instance, thermal decomposition
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of a base such as ammonium hydrogen bicarbonate (NH4HCO3) has been reported for creating
porous structures in PDMS [94]. However, during the fabrication process, toxic ammonia gas
(NH3) is liberated. To eliminate the release of toxic gases, the employment of nontoxic bases such
as sodium bicarbonate (NaHCO3), well known as baking soda, is envisioned to be a promising
method for developing highly sensitive and wide range flexible pressure sensors [113].
These capacitive based sensors that can sense wide pressure ranges have pivotal
applications in sports. Four million concussions occur annually of which more than 50% are
unreported and therefore undiagnosed [114-118]. These concussions can lead to traumatic brain
injuries (TBI) which is a major cause of death and disability in the US [119]. Field data from
helmet original equipment manufacturers (OEMs) and players suggest that loose/improper fitting
helmets contribute to TBI [120]. The problem of proper helmet-fit (helmet movement on the head
during use) is also recognized by OEMs as an essential aspect of performance and safety. It is
currently not being addressed [120-122]. Moreover, there are no devices that can provide
information on the proper fit of a helmet on a player’s head. The integration of the highly sensitive
fabric-based pressure sensor array into a helmet fit system with real-time pressure mapping
capability would provide details of how good the helmet is fitted to the player’s head. This
information could help in reducing the magnitude of impacts that the player may sustain in the
field.
In this work, a novel highly sensitive porous polydimethylsiloxane (PDMS) based
capacitive pressure sensor was fabricated by optimizing the dielectric layer porosity for wide-range
pressure sensing applications in the sports field. The pressure sensor consists of a porous PDMS
dielectric layer and two fabric-based conductive electrodes. The porous PDMS dielectric layer was
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fabricated by introducing nitric acid (HNO3) into a mixture of PDMS and sodium bicarbonate
(NaHCO3) to facilitate the liberation of carbon dioxide (CO2) gas, which induces the creation of
porous microstructures within the PDMS dielectric layer. Nine different pressure sensors (PS1,
PS2, … PS9) were fabricated in which the porosity (pore size, thickness) and dielectric constant
of the PDMS dielectric layers were varied by changing the curing temperature, the mixing
proportions of HNO3/PDMS concentration, and the PDMS mixing ratio. The response of the
fabricated pressure sensors was investigated for the applied pressures ranging from 0 to 1000 kPa.
Relative capacitance changes of ~100%, ~323%, and ~485% were obtained by increasing the
curing temperature from 110 ℃ to 140 ℃ to 170 ℃. Similarly, relative capacitance changes of
~170%, ~282%, and ~323% were obtained by increasing the HNO3/PDMS concentration from
10% to 15% to 20%, respectively. In addition, relative capacitance changes of ~94%, ~323%, and
~460% were obtained by increasing the PDMS elastomer base/curing agent ratio from 5:1 to 10:1
to 15:1. PS9 exhibited the highest sensitivity over a wide pressure sensing range ((0 – 20 kPa), 1.1
%kPa-1; (0.2 – 1 MPa), 0.3 %kPa-1). From the results, it was observed that the pressure sensor with
dielectric layers prepared at relatively higher curing temperatures, higher HNO3 concentration, and
higher PDMS ratio resulted in increased porosity and provided the highest sensitivity. As an
application demonstrator, a wearable fit cap was developed using an array of 16 identically
manufactured pressure sensors for measuring and mapping the applied pressures on a player’s head
while wearing a helmet. The pressure mapping aids in observing and understanding the proper fit
of the helmet in sports applications.
.
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3.1.1. Introduction to Pressure Sensing and Pressure Regimes
The sensitivity and performance of the pressure sensors are desired to be optimum in a
selected operating range, which is usually decided based on the application. A pressure sensor is a
transducer that transforms the applied force into an output electrical signal. Depending on the range
of the pressure regimes, pressure sensors can be categorized into different groups. X. Wang et al.
have reported on different pressure regimes and the relevant applications [123]. Typically, normal
touches in our daily activities, as well as human body circulation are located in low-pressure
regimes (<10 kPa) and medium pressure regimes (10-100 kPa). Therefore, capability of detecting
the applied pressures in the range of (0-100 kPa) has great significance since it covers a wide range
of potential applications in wearable, health monitoring, and artificial intelligence fields. As shown
in Fig. 3.1, the pressure regimes below 100 kPa are divided into four major ranges: ultra-low
pressure (<1 Pa), subtle-pressure (1 Pa – 1 kPa), low-pressure (1 – 10 kPa), and medium pressure
(10 – 100 kPa). The ultra-low-pressure regime (<1 Pa) are usually produced by the pressure of

Figure 3.1. The diagram of pressure regimes and the relevant applications. Reproduced with
permission from [123].
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sound. In fact, developing ultra-highly sensitive pressure sensors in this pressure range plays a
critical role in advancing hearing aids. The subtle pressure regime (1 Pa – 1 kPa), is commonly
involved with the weak interactions between small objects. Detecting the subtle pressures are of
great significance for e-skin application where highly sensitive pressure sensors can even provide
better sensing properties compared to the human skin. Subtle-pressure sensitive sensors have been
widely used in development of touch-screens in computers and smart phones. The next pressure
range is the low-pressure regime (1 – 10 kPa) and it covers the intra-body pressure such as the
pressure created by the continual renewal of fluids within the eye (intraocular pressure) and inside
the skull (intracranial pressure). Therefore, low-pressure regime detection has recently received
significant attention in health care and medical diagnosis systems. In addition, most of our dailybasis activities such as grasping objects also produce pressures in the low-pressure range which
makes this pressure range more versatile.
Pressure sensors capable of detecting medium pressure ranges from 10 kPa to 100 kPa are
also receiving a considerable attention and have been used in a wide variety of applications such
as smartphone-based pulse monitoring devices as well as in measuring the plantar pressure of the
body weight. However, this classification doesn’t mean that we are not experiencing higher
pressure ranges in our life. In one step beyond our daily based activities, individuals may
experience external impacts during falls, sports-related injuries, and transportation vehicle crashes.
The pressure experienced in such events my go beyond 100 kPa and is considered as a highpressure regime.

55

3.1.3. Transduction Mechanism
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Figure 3.2. Transduction mechanisms for pressure sensors: (a) piezoresistive, (b) piezoelectric, and
(c) capacitive.

Various transduction mechanisms have been reported for pressure sensing applications.
Piezoresistive, piezoelectric, and capacitive pressure sensors are widely used for detecting the
tactile stimuli in wearable applications. Fig. 3.2 shows the schematic of these transduction
mechanisms.
a) Piezoresistivity: The principle of the piezoresistive mechanism is based on transducing
the resistance change into an electrical signal in response to an applied mechanical stress.
Piezoresistivity is a very common mechanism for pressure/strain sensors and generally relies on
two key parameters, 1) the soft and deformable substrate as well as 2) micro/nano-structures with
conductive sensing materials. For example, nanostructured materials such as Ag nanowire, 156

dimensional carbon nanotube, Au nanowire, 2-dimensional graphene, 3-dimensional graphene
foam and polymer/inorganic composites have been used as conductive sensing materials in
preparing the flexible sensors. These materials have been reported to show excellent features such
as high sensitivity, fast response/recovery time, low detection limit, high repeatability/durability,
as well as low energy consumption [124]. Figure 3.2 (a) shows the conductive nanowires in a
deformable substrate that are accumulated closer under an applied force, which can result in a
resistance change.
b) Piezoelectricity: Piezoelectric pressure sensors are another commonly used transduction
method for pressure sensing. In this sensing mechanism, electrical charges are generated in certain
types of solid materials (with non-centrosymmetric crystal structures) in response to an applied
mechanical stress. In fact, the occurrence of electric dipole moments in solid materials contributes
to the piezoelectric effect, as shown in Fig. 3.2 (b). One of the important advantages of this pressure
sensing mechanism is that piezoelectricity is instantaneously generated under the application of
strain and pressure which makes this type of pressure/strain sensors ultrafast and highly sensitive.
ZnO nanowires and lead containing materials such as lead zirconate titanate (PZT) have been used
for the fabrication of flexible pressure sensors due to the high piezoelectric properties of the
asymmetric crystal structures of hexagonal ZnO nanowires and PZT. However, the manufacturing
of inorganic materials is usually costly, and the process involves high toxicity of lead-containing
materials, which is no longer desired. Moreover, organic materials and polymers exhibited more
flexibility when compared to inorganic materials. Polymer based piezoelectric materials like
PVDF and composites of polymer and inorganic piezoelectric materials, use the mechanical
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flexibility of polymers and the high performance of piezoelectric inorganics at the same time and
thus have received an increasing interest over the past few years [124].
c) Capacitance: Capacitive based sensors are the most popular type of pressure sensors
and, as it can be understood from their name, they represent the ability to store electrical charges.
For example, in commonly used parallel plate capacitors, with a dielectric/insulator layer
sandwiched between two conductive plates (known as top and bottom electrodes), the capacitance
is directly proportional to the plates overlap area (A) and the relative permittivity of the insulator
material (ɛr) (also known as dielectric layer), and inversely proportional to the gap between the
plates (d). Generally, when an external force is applied to a flexible device, the flexible material
compresses, and this deformation changes the spacing between the parallel electrodes, which can
ultimately result in a change of the base capacitance (Fig. 3.2(c)). Simplicity of design and
fabrication processes along with high sensitivity and fast response time has made the capacitive
based pressure sensors one of the most popular type of pressure sensors, especially for wearable
and tactile applications. The performance of the capacitive based pressure sensors is crucially
dependent on the dielectric properties of the middle insulator layer and can be considered as an
optimizing parameter. For example, in order to increase the sensitivity of the sensors, researchers
have investigated several techniques on optimizing the dielectric properties of the elastomer-based
materials such as polydimethylsiloxane (PDMS).
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3.2. Experimental
3.2.1. Porosity Control Principle
The porous PDMS dielectric layer was fabricated by introducing nitric acid (HNO3) into a
mixture of PDMS and sodium bicarbonate (NaHCO3) to facilitate the liberation of carbon dioxide
(CO2), which in turn creates porous microstructures in the PDMS material after annealing the
mixture in an oven. To control the porosity of the dielectric material, it is essential to control the
liberation of the CO2 gas. NaHCO3, which is the main material in this fabrication process,
decomposes into water, CO2 gas, and sodium carbonate (Na2CO3), as illustrated in Eq. (3.1), when
heated at temperatures in the vicinity of 100 °C [125]. In this thermal decomposition, one CO2
molecule is formed for every two molecules of the NaHCO3, and thus only half of the available
CO2 can be released.
2NaHCO3 → Na2CO3 + H2O + CO2

(3.1)

By introducing HNO3 to the mixture of PDMS and NaHCO3, the fabricated porous
dielectric layer will be the result of facilitated CO2 liberation as part of the acid-base neutralization
process between NaHCO3 and HNO3, as in Eq. (3.2,3.3)
NaHCO3 + HNO3 → NaNO3 + H2CO3

(3.2)

H2CO3 → H2O + CO2

(3.3)

where the unstable intermediate carbonic acid (H2CO3) stabilizes into water (H2O) and carbon
dioxide (CO2). The water molecules evaporate during the annealing process, and the byproduct
NaNO3 (sodium nitrate) with white crystals will be washed away after the annealing process. As
shown in Eq. (3.2,3.3), equal molecules of HNO3 and NaHCO3 base participate in creating equal
molecules of CO2 gas. Therefore, the presence of the HNO3 results in the liberation of the total
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available CO2 gas. Similarly, a change in the concentration of the participants in this acid-base
reaction (Eq. (3.2,3.3)) changes the content of the liberated CO2 gas as one of the resultant
products. In addition, when the acid-base neutralization takes place in a PDMS solution, the
viscosity of the solution affects the release of the trapped CO2 gases. Thus, less viscosity of the
initial PDMS solution facilitates the release of the available CO2 gas for forming the void spots
and porous structures.
In fabrication, a change in the curing temperature, HNO3 concentration, and PDMS mixing
ratio changes the content of the released CO2 gas and thus the porosity of the resulting dielectric
layers, which in turn changes the sensitivity of the fabricated pressure sensors. To investigate the
effect of the aforementioned contributing factors on the porosity of the dielectric layer, three
different fabrication scenarios have been performed. Table 3.1 summarizes the fixed and varying
parameters (highlighted in green) in the fabrication of nine porous dielectric layers. The porous
dielectric layers D1, D2, and D3 were fabricated by curing the mixture of PDMS-NaHCO3-HNO3
(with a fixed 20% mixing proportion of HNO3/PDMS and 10:1 (w/w) ratio of PDMS elastomer
base/curing agent) at 110 ℃, 140 ℃, and 170 ℃, respectively, to investigate the effect of curing
temperature. Porous dielectric layers D4, D5, and D6 were fabricated by adding 10%, 15%, and
20% mixing proportions of HNO3/PDMS (w/w) to the PDMS-NaHCO3 mixture with a fixed 10:1
(w/w) PDMS ratio at a fixed 140 ℃ curing temperature, to investigate the effect of acid
concentration. Porous dielectric layers D7, D8, and D9 were fabricated by adding a fixed 20%
mixing proportion of HNO3/PDMS to the PDMS-NaHCO3 mixture with 5:1, 10:1, and 15:1 (w/w)
ratios of PDMS elastomer base/curing agent, respectively, and cured at a fixed temperature of 140
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℃, to investigate the effect of PDMS mixing ratio. The mixing proportions of NaHCO3/PDMS
were 20% for all the nine fabricated dielectric layers.

3.2.2. Sensor Design and Fabrication
Porous PDMS based capacitive pressure sensors were fabricated using a process reported
in our previous work [113,126]. Initially, for fabricating the porous PDMS layer D1, PDMS
precursor (Sylgard 184 from Dow Corning; composed of a 10:1 ratio of elastomer base to curing
agent (w/w)), was mixed with 20% (w/w) NaHCO3 powder (S5761-500G from Sigma-Aldrich).
Then, HNO3 (NX0407-2, 70% pure from Sigma-Aldrich) was added to the PDMS-NaHCO3
mixture (20% compared to PDMS (w/w)), followed by manual stirring for 5 minutes (Fig. 3.3(a)).
The mixture was then poured into a Pyrex mold and left for 20 minutes to obtain a proper spreading
and release of the entrapped air bubbles (Fig. 3.3(b)). Finally, the mold was placed in a drying
oven (Yamato DX300) and the mixture was thermally annealed for 30 minutes, at the temperature
of 110 ℃. The fabricated porous PDMS layer (Fig. 3.3(c)) was peeled off from the mold and
immersed in a diluted solution of IPA and sonicated in deionized (DI) water for 30 minutes for
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(a)
PDMS+NaHCO3+HNO3

(d)

Pyrex Mold

(i)

(f)

(e)
Fabric

(ii)

(c)

(b)

(h)

TPU Base

(g)

Film

Silver Ink

(i)

(j)

(k)

Silver on TPU

(l)

(n)

(m)

(iii)

Figure 3.3. Pressure sensor fabrication process: (i) porous dielectric layer: (a) mixing the materials, (b)
PDMS mixture in the mold before placing in the oven(c) porous PDMS layer after curing in the oven, (d)
laser patterned porous dielectric layer; (ii) conductive fabric electrode’s materials and fabrication process:
(e) stretchable fabric, (f) stretchable TPU base film, (g) conductive silver ink, (h) printed silver on TPU
substrate, (i) laser patterned fabric (left) and silver-TPU layer (right), (j) laminated silver-TPU on fabric,
(k) fabricated flexible fabric electrode; (iii) fabricated flexible fabric-based porous pressure sensor: (l)
layers (m) top view and (n) side view.

removing the byproduct sodium nitrate (NaNO3) white crystals. A Laser-assisted patterning (laser
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cutting) process was used to cut the porous PDMS layer D1 into a circle of 35 mm diameter using
a PLS6MW CO2 laser beam (10.6 μm wavelength) from Universal Laser Systems (Fig. 3.3(d)).
Porous PDMS layers D2, D3, … D9 were fabricated similarly based on the conditions provided in
Table 3.1.
Table 3.1. Fixed and Varying Parameters in the
Fabrication of Nine Porous Dielectric Layers
Sample

Fabrication Parameters
PDMS Ratio

Acid
Concentratio
n

Curing Temp.

D1

10:1

20%

110 ℃

D2

10:1

20%

140 ℃

D3

10:1

20%

170 ℃

D4

10:1

10%

140 ℃

D5

10:1

15%

140 ℃

D6

10:1

20%

140 ℃

D7

5:1

20%

140 ℃

D8

10:1

20%

140 ℃

D9

15:1

20%

140 ℃

z- Varied parameters
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Flexible fabric-based conductive electrodes were prepared using a 4-way stretch weft knit
fabric (JenniferS/914 from Top Value Fabrics Inc). The conducting fabric is composed of 88/12
Polyester/Invista Lycra (spandex) yarn, stretchable thermoplastic polyurethane (TPU) substrate
(Intexar TE-11C from Dupont; composed of bilayer TPU base film and removable protective
temperature stable carrier as shown in Fig. 3.4, and conductive silver ink (Ag 800 from Applied
Ink Solutions), as illustrated in Fig. 3.3(e, f, g). First, the Ag ink was screen printed (AMI MSP
485 screen printer) on a TPU substrate preheat-ed at 140℃ for 30 minutes, as illustrated in Fig.
3.3(h). The screen printer’s screen was of stainless-steel type with mesh count, wire diameter,
deflection angle, and MS-22 emulsion thickness of 325, 28 µm, 22.5 μm, and 12.7 μm,

High recovery TPU
Melt adhesive TPU

TPU Base Film

Removable temperature stable carrier

(a)

Removable carrier
TPU base film

(b)

Figure 3.4. Stretchable bilayer thermoplastic polyurethane (TPU) film: (a) layers’ illustration
[https://www.ccieurolam.com/images/stories/pdf/PVAM_datasheets/Intexar-TE-11C.pdf] and (b)
photograph of TPU film showing the base film and carrier.
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respectively. After that, the fabric and TPU substrate were patterned into circles of 35 mm diameter
(with four supporting pads on the fabric) using a laser-assisted patterning process. (Fig. 3.3(i)).
Following this, the carrier was removed from the TPU substrate, and the silver-TPU base film
layer was attached to the fabric substrate using a heat press lamination process (Geo Knight–
DK20SP) as shown in Fig. 3.3(j). The connections were made to the electrodes by placing the
stripped multiconductor wires of a connecting wire on the Ag layer of the fabric and laminating
them using a new TPU base film to create permanent wiring for the pressure sensor (Fig. 3.3(k)).
The lamination of the electrical wires to the electrodes results in a robust attachment without
compromising the structural integrity of the sensor. The laser-cut porous PDMS layer D1 was then
sandwiched between the fabric-based top and bottom electrodes (Fig. 3.3(l)) using a 50 µm thick
adhesive PDMS (MG 7- 9900 from Dow Corning; composed of a 1:1 w/w ratio of kit A to kit B)
bar-coated layer to complete the flexible fabric-based pressure sensor PS1 (Fig. 3.3(m, n)).
Similarly, pressure sensors PS2, PS3, … PS9 were fabricated by sandwiching the dielectric layers
D2, D3, … D9 between the fabric-based electrodes, respectively. For further strengthening the
sensor attachment to the electrical wires, four supporting pads were designed on the fabric layers
of the electrodes and two were attached using a sewing process to provide strain relief for the
laminated wires, as illustrated in Fig. 3.3(l, m). The fabricated sensors were then placed in the oven
at a temperature of 50℃ for 1 hour for curing the adhesive PDMS layer. In all, 27 sensors were
fabricated (3 sensors under each fabrication condition/scenario) and each sensor was tested for
three times resulting in 9 measurements/runs for every experiment. The measurement results and
errors bars are the average results and standard deviations for the 3 identical sensors and 9
measurements.
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3.2.3. Surface Morphology
The surface morphologies of the porous PDMS dielectric layers D1, D2, …, and D9 were
investigated using both optical (DinoLite digital microscope) and scanning electron microscopy
(SEM, JEOL Ltd., Tokyo, Japan). For SEM measurements, samples were sputter coated with
iridium (with approximate thickness of 2.7 nm) and mounted on aluminum stubs using carbon tape
(Ted Pella, Inc., Redding, CA). To quantify the pore size distribution of each fabricated porous
dielectric layer, microscopic images were analyzed in ImageJ, an image processing software. For
each dielectric layer, pores with a roughly spherical shape were distributed through the PDMS
material. The pore diameter was calculated by measuring the surface area of each pore in the
surface of each dielectric layer.

3.2.4. Electrical Characterization
The working mechanism of the pressure sensor resembles a parallel plate capacitor, and its
capacitance can be calculated using Eq. (3.4)
𝐶0 =

𝜀0 𝜀𝑟 𝐴
𝑑

(3.4)

where C0, ɛ0, ɛr, A, and d are the base capacitance, the permittivity of the free space, the relative
permittivity of the dielectric layer, sensor contact area, and the thickness of the dielectric layer,
respectively. Therefore, the base capacitance of the fabricated capacitive pressure sensors is
directly proportional to the dielectric constant and inversely proportional to the thickness of the
dielectric layer. Hence, a decrease in the base capacitance is expected by increasing the dielectric
layer porosity through the creation of void spots in the PDMS material, which in turn causes higher
thickness and lower dielectric constant.
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The capacitive responses of the nine pressure sensors were investigated for three applied
pressure ranges of 0 to 20 kPa in steps of 2 kPa, 20 kPa to 200 kPa in steps of 20 kPa, and 200 to
1000 kPa in steps of 100 kPa. Varying pressures were applied to the sensors using different force
gauge devices, M5-5 (0-20 kPa), M5-50 (20- 200 kPa), and M5-200 (200-1000 kPa). The sensors
were mounted between the force gauge and a compression plate of a motorized test stand (Mark10 ESM 301). Initially, the base capacitance of the pressure sensor was measured at 0 kPa (No
Load). Following this, a pressure of 2 kPa was applied to the sensor using the M5-5 force gauge,
and the corresponding capacitance was measured for 37 seconds. After that, the applied pressure
was removed, and the capacitance response of the sensor was recorded for 375 seconds. Similarly,
these steps were repeated by increasing the applied pressures up to 1000 kPa. The force gauge
device was connected to the vertically movable platform of the test stand, which was controlled
automatically using a PC with a custom-built Visual Studio C# program which reduced the
possible undesired movements of the sensor. The capacitance values of each pressure sensor in
response to the different applied pressure ranges were measured using an LCR meter (Agilent
E4980A). Data collection was performed using a PC with a LabVIEW program. The dielectric
constants, as well as the thicknesses of D1, D2, …, and D9 were measured using a dielectric test
fixture (Agilent 16451B). The dielectric constants of nine fabricated dielectric layers were
calculated by performing a standard non-contacting electrode (air gap) method, in which the series
capacitance between the test fixture electrodes was recorded two times, with and without inserting
the test material, using an LCR meter. All experiments were performed at room temperature.
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3.3. Results and Discussions
3.3.1. Surface Morphology: Effect of Varying Parameters
Figure 3.5(a, b, c) shows microscopic images and the relevant histograms depicting the
surface morphologies, as well as pore distribution of the fabricated porous dielectric layers D1,
D2, … D9. When the change in the variation of the fabrication parameters (curing temperature,
acid concentration and PDMS mixing ratio) was increased (in each fabrication scenario), it was
observed that the pore size/concentration increases (Fig. 3.5(a, b, c)).
As shown in Fig. 3.5(a), 90% of the pores in dielectric layer D1 (fabricated at curing
temperature of 110 ℃) ranges between 300-500 µm (surface volumes > 5% considered). In D2,
the curing temperature was increased to 140 ℃ and the size of pores significantly increased with
85% of the pores between 300-600 µm. In D3, the curing temperature was further increased to 170
℃ and the pore size slightly increased with 84% of pores between 350-650 µm. It was observed
that the size of the pores was not linearly increased in D1, D2, and D3 even though the temperature
increments were maintained constant (30 ℃) over the three dielectric layers. This can be attributed
to the nonlinear decomposition rate of NaHCO3 which in turn results in a nonlinear increase in the
amount of the released CO2 gas by increasing the temperature. Hartman, M et al, performed the
NaHCO3 thermal decomposition experiment [125], and found that the decomposition of NaHCO3
commences around 100℃ (at ambient atmosphere pressure), reaches maximum at~135 ℃, and
gradually stops in the vicinity of 160℃.
From the histograms of Fig. 3.5(b), in dielectric layer D4 (with the lowest acid/PDMS
concentration of 10%), 92% of the surface pores are in the range of 200-350 µm while D5 and D6
(with relatively higher acid concentrations) had higher and wider ranges of the surface pore size
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with 96% in the range of 300-600 µm and 85% in the range of 300-600 µm, respectively. Acid
concentration is an important factor in the generation of the CO2 gas and formation of the pores
by decreasing the high pH of the PDMS/NaHCO3 solution which inhibits the escape of the CO2
gas in polymer closed cells and creates high porous structures. As shown in Eq. (3.2,3.3), equal
molecules of NaHCO3 base and HNO3 are required to react, and approximately equal grams of
this base and acid are needed (calculated based on the molar masses of HNO3 and NaHCO3 and
the purity of the acid used (HNO3 70%)) to achieve complete liberation of the available CO2 gas.
Therefore, at a fixed 20% NaHCO3/PDMS (w/w), by increasing HNO3 from 10% to 20%, the
amount of the released CO2 gas was increased and dielectric layer D6 fabricated with 20% HNO3
had relatively higher porosity compared to D4 and D5 (made with 10% and 15% acid,
respectively), as shown in Fig. 3.5(b).
Dielectric layers D7, D8, and D9 were fabricated with different PDMS elastomer
base/curing agent ratios of 5:1, 10:1, and 15:1 (w/w), respectively. From the histograms, in D7,
94% of the surface pores are in the range of 300-500 µm. By increasing the proportion of elastomer
base in D8 and D9, a higher and wider ranges of the surface pore sizes were measured, with 85%
in the range of 300-600 µm and 94% in the range of 300-650 µm, respectively. The change in the
porosity of the D7, D8 and D9 can be attributed to the change in the viscosity of the PDMS solution
from which the entrapped CO2 gas exert force to escape. In the preparation of silicone elastomers,
the cure reaction commences with the mixing process when two parts (elastomer base and curing
agent) interact, and this continues by a gradual increase in the viscosity followed by gelation and
conversion to a solid elastomer [127]. Decreasing the proportion of curing agent when compared
to the elastomer base, slows down the conversion process by increasing the PDMS pot life (defined
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Figure 3.5. Microscopic images and pore size distribution histograms of the fabricated porous dielectric layers,
developed for nine pressure sensors, by varying the: (a) curing temperatures at 110 ℃, 140 ℃ and 170 ℃, (b) the
acid/PDMS concentration to10%, 15% and 20%, and (c) the PDMS mixing ratio to 5:1, 10:1 and 15:1.

as the time required for viscosity to double after mixing the base and curing agent) which in turn
facilitates the release of CO2 gas.
It was also observed that the increase of porosity of the dielectric layers in each fabrication
scenario led to an increase in the thickness of the porous layers (Table 3.2). In addition, dielectric
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(a)

(b)

Closed surface of the porous layer
(c)

Figure 3.6. SEM cross-sectional image of porous dielectric layers (a) D1, (b) D2 and (c) D3, depicting
the pores within the porous layers.

layers with relatively high porosity exhibited lower dielectric constants due to the high amount of
entrapped gas pockets (CO2) within the PDMS material (Table 3.2). SEM images depicting the
cross-sectional view of the pores within the PDMS material in D1, D2 and D3 are shown in Fig.
3.6. Using SEM cross- sectional images, the size of the pores in D1, D2, … D9 (with an average
pore size of approximately 322 µm, 525 µm, 551 µm, 355 µm, 431 µm, 525 µm, 412 µm, 525 µm,
565 µm) were found to be in the ranges where more than 80% of the surface pore sizes were
distributed in Fig. 3.5; which in turn confirms the consistency of the pore distribution on the surface
and within the porous layers. However, the SEM cross-sectional images revealed pore distributions
with significantly smaller sizes in the bottom (the side that had been in contact with mold during
the curing process) of all the fabricated dielectric layers. Pore distribution at the bottom of the
fabricated dielectric layer D2 was quantified using ImageJ and the resultant histogram showed that
78% of bottom gas pockets were in the range of 20-70 µm as shown in Fig. 3.7. Smaller pockets
were formed at the bottom of the porous dielectric layers since the elastomer exerts a higher elastic
restoring force against the release of CO2 gas, when compared to the surface. In addition, SEM
cross-sectional images (Fig. 3.6) clearly show the closed surface of the fabricated dielectric layers.
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Figure 3.7. (a) SEM cross-sectional view of the porous dielectric layer D2 depicting the pores in
the thickness of the layer including bottom pores and (b) pore distribution on the bottom side of
D2.

In addition, another external property, the surrounding atmospheric pressure can also
change the porosity of the fabricated dielectric layers during the preparation and curing process.
Figure 3.8 illustrates the fabricated dielectric layer D2 cured under regular atmospheric pressure
(~30 inHg), 25% and 50% reduced atmospheric pressures (22.5 inHg and 15 inHg), using
AccuTemp 09s vacuum thermal oven. As illustrated, the fabricated dielectric layers had a nonuniform distribution of significantly bigger holes (created due to the bursting of gas pockets) on
Closed Bubble

Burst Gas Pocket (Hole)

1000 µm

(a)

Thickness of layer ~ 1680 µm

1000 µm

(b)

Thickness of layer ~ 4170 µm

1000 µm

(c)

Thickness of layer ~3748 µm

Figure 3.8. Microscopic images of the fabricated porous dielectric layer D2 cured under different
pressures of: (a) regular atmospheric pressure (~30 inHg), (b) 25% reduced pressure (22.5 inHg)
and (c) 50% reduced pressure (15 inHg).
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the surface. By decreasing the atmospheric pressure, more air pockets burst (dark spots in Fig. 3.8)
during the curing process. In addition, the thickness of the fabricated dielectric layers under
varying pressures of 30 inHg, 22.5 inHg and 15 inHg, initially increased and then decreased. This
is due to the release of the CO2 gas in the silicone elastomer cells facilitated by the low-reduced
atmospheric pressure while exposure to high-reduced atmospheric pressure causes a significant
loss of CO2 and the gas pockets can burst easily since the force exerted by the expansion of the
trapped gas overcomes the elastic restoring force of the silicone elastomer. In order to ignore the
effect of pressure variations on the fabricated dielectric layers, all the fabrication processes and
experiments was performed under regular atmospheric pressure (in Kalamazoo, MI, USA with the
average annual Barometer of ~30.05 inHg).

3.3.2. Capacitive Response: Effect of Varying Parameters
The capacitive response of the pressure sensors PS1, PS2 … PS9 made of dielectric layers
D1, D2 … D9 is shown in Fig. 3.9. Figure 3.9(a, c, e) show the dynamic responses of the nine
pressure sensors for the applied pressures (perpendicular to the sensor plane) ranging from 0 to
1000 kPa and Figure 3.9(b, d, f) show the corresponding relative capacitive changes.
It was observed that the base capacitance (at 0 kPa, no load condition) of the pressure
sensors were different since the dielectric constant and the thickness of each dielectric layer was
different (Eq. (3.4) and Table 3.2). Therefore, PS1, PS4 and PS7, with relatively higher dielectric
constant and lower thickness, had higher base capacitance while PS3, PS6 and PS9 (with relatively
lower dielectric constant and higher thickness) showed lower base capacitance in all the three
fabrication scenarios. Correlating the base capacitance in the dynamic response graphs (Fig. 3.9(a,
c, e)) and pore distributions in Fig. 3.5, it was understood that the presser sensors with a less porous
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dielectric layer possess higher base capacitance. For all the sensor devices, the capacitance
generally increased as pressure was applied due to the decreased distance (compression of the
dielectric layers) between electrodes (d). In addition, it was observed that the capacitances of PS1,
PS4, and PS7, were slightly decreased compared to their initial capacitances upon the application
of higher pressures. This can be attributed to a change in the dielectric constant of the porous
PDMS material at higher pressure ranges [128].
Figure 3.9(b, d, f) show the static relative capacitance change of the fabricated pressure
sensors. For all the sensor devices, the change in capacitance as a function of pressure was initially
large and then decreased at higher pressure ranges indicating that the dielectric layer deformation
was more limited at higher pressures. This nonlinear behavior can be attributed to the mechanical
properties of the fabricated porous dielectric layers, which is a common phenomenon demonstrated
in elastomer-based materials and typically takes place at the strain levels below 40% [129]. In the
pressure sensor mechanism, the increase in capacitance, which is the result of a decreased distance
between the electrodes, represents an increase in the level of strain as a function of applied pressure
and will be limited after transitioning from linear region to nonlinear region (the transition time is
dependent on the material’s Young’s modulus). However, PS1, PS4 and PS7 showed fairly linear
response over the applied higher-pressure ranges since their less porous (stiffer) dielectric layer
deformed relatively less when compared to the more porous (softer) layers. Higher linear range
and lower sensitivity of PS1, PS4 and PS7 can be related to the fact that their corresponding
dielectric layers (D1, D4, D7) exhibited the highest Young’s modulus, compressive modulus and
hardness compared to the other two dielectric layers in their respective fabrication type.
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Figure 3.9. Dynamic response (i) and the relative capacitance change (ii) of the porous pressure sensor in different
pressure ranges of 0-1000 kPa, repeated for nine sensors with fabricated porous dielectric layers by varying the:
(a,b) curing temperature, (c,d) acid content and (e,f) PDMS mixing ratio.

Increasing the porosity of the fabricated porous dielectric layers (this also resulted in the
decrease of the Young’s modulus, compressive deformation and hardness of the porous layers),
the sensitivity of the corresponding pressure sensors increased in all the applied pressure ranges
from 0-1000 kPa (Fig. 3.9), as shown in Table 3.2. From the results, pressure sensor PS9 showed
the highest sensitivity (1.07%kPa-1) at low pressure ranges from 0 to 20 kPa. In fact, mechanical
properties of D9 (with lowest Young’s modulus, compressive deformation and hardness) allows
PS9 to undergo relatively more deformation at smaller pressure ranges. The pressure sensors PS3,
PS6 and PS9 obtained more porosity and provided higher sensitivities in all the applied pressure
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ranges; resulted in a total capacitance change of 485%, 323% and 460%, respectively, when the
applied pressures increased from 0 to 1000 kPa.
Acid variations had lower effect on the sensitivity of the fabricated pressure sensors (Fig.
3.9(d)) when compared to temperature and PDMS ratio variations (Fig. 3.9(b, f)). This is due to
the fact that providing equal number of molecules of NaHCO3 and HNO3 is the necessary element
here for completing the chemical neutralization process, which has been already applied to the
other two fabrication types (curing temperature and PDMS mixing ratio). Indeed, after achieving
the similar acid and base concentrations (realized in D6/PS6), to increase the sensitivities further,
the concentration of base (NaHCO3) is also needed to be increased simultaneously. Otherwise, an
excess amount (>20%) of unreacted acid concentration remains in the solution during the
annealing process which is not desired. In addition, further increase in curing temperature
(>170 ℃) didn’t result in a significant change in the porosity of the fabricated layer, since the decomposition rate of NaHCO3 was approximately zero at ~160 ℃. Additionally, further increase
(>15:1) in the PDMS mixing ratio results in a longer annealing process.
In addition, the capacitive performance of the pressure sensors PS1, PS2, and PS3 in
response to the shear pressures/stresses were investigated (See 3.4.1 “Supplementary Information”
for the effect of shear pressures).

3.3.3. Mechanical Properties of Porous PDMS Layers
To investigate the effect of varying parameters on the mechanical properties of the
fabricated porous dielectric layers (D1, D2 … D9), hardness/durometer, compressive deformation
and tensile deformation of all the fabricated dielectric layers were tested. In accordance with
ASTM D2240, the indentation hardness of the porous deictic layers was measured at different
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Figure 3.10. Hardness (durometer Shore A) for the for porous dialectic layers D1, D2, …D9.

locations of each fabricated layer (three layers of each type composed of plied pieces) using a
hand-held durometer (Type A) device. Figure 3.10 shows the results of the hardness
measurements. Considering the capacitive response in Fig. 3.9, the dielectric layers with relatively
higher sensitivity corresponds to dielectric layers with relatively lower hardness. For example, D3,
and D9 with the lowest hardness of ~32 (Shore A) exhibited the highest sensitivity in low pressure
ranges from 0 to 20 kPa.
Tensile properties of the fabricated porous dielectric layers were investigated by
performing a tensile test in accordance with ASTM D412. Three dumbbell shaped specimens (Fig.
3.11(a)) of each dielectric layer were elongated (until failure) using an Instron 430I tensile tester.
Young’s modulus of the fabricated porous layers was calculated in their linear elastic region
(<20% Strain) using Hooke’s law. The stress/strain curves illustrated in Fig. 3.11(b) clearly shows
that the dielectric layers (with relatively lower Young’s modulus underwent higher deformation at
the same stress levels and provided pressure sensors with relatively higher sensitivities (Fig. 3.9).
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For example, D1 and D7 with the highest Young’s Modulus of ~481 kPa and ~386 kPa,
respectively showed the lowest sensitivity at high pressure ranges from 200 to 1000 kPa.
In addition, to compare the compression-deflection of the fabricated porous dielectric
layers, a compressive test was performed in accordance with ASTM D 575, using a force gauge
machine and the compression deflection was recorded for applied pressures up to 2.5 MPa. Three
specimens of the same size (circles with 1-centimeter diameter) were prepared for each fabrication
type. The compressive response of the porous dielectric layers was investigated by recording the
deflection (displacement) of the porous layers as a function of applied pressure (stress). For all the
porous layers, stress/strain curves shown in Fig. 3.12 display a typical linear elastic region, up to
20% stain. Comparing the compressive responses of the porous dielectric layers with the capacitive
response of the corresponding pressure sensors clearly indicates that dielectric layers with lower
relative compressive modulus (slope of the graph in linear region of stress/strain curves) underwent
more deformation and resulted in higher sensitivity for all the applied pressure ranges from 0 to
1000 kPa.

78

Commercial
PDMS

(a)
500

Commercial PDMS
D1
D2
D3
D4
D5
D6
D7
D8
D9

Tensile Stress (kPa)

400

300

200

100

0
0

20

40

60
Strain (%)
(b)

80

100

120

Figure 3.11. Stress/strain curves showing the tensile deformation of porous dialectic layers D1,
D2, …D9.

Figure 3.12. Stress/strain curves showing the compression
deformation of porous dialectic layers
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D1, D2, …D9.

Table 3.2. Summary of Capacitive Porous Pressure Sensors’ Features
Pressure Sensor
(Varying
Parameter)

Average
Pore Size
[µm]

Thickness
(d)
[µm]

Dielectric
Constant
(εr)

Durometer
[Shore A]

Young’s
Modulus
[kPa]

Base
Capacitance (C0)
[pF]

(C-C0)/C0
(0-1000 kPa)
[%]

Sensitivity [%kPa-1]

PS1/110℃ Temp.

411±79

997±6

2.44±0.02

50.1±1.1

481±56

18.6±0.6

100

0-20
[kPa]
0.39

20-200
[kPa]
0.08

200-1000
[kPa]
0.09

PS2/140℃ Temp.

496±120

1680±16

1.90±0.01

41.3±0.7

204±17

8.2±0.2

323

0.53

0.56

0.25

PS3/170℃ Temp.

502±131

2078±6

1.71±0.01

32.5±2.5

180±12

6.2±0.1

485

0.60

1.04

0.32

PS4/10% Acid

278±63

1321±4

1.99±0.02

49.5±1.9

315±33

11.7±0.3

170

0.41

0.16

0.16

PS5/15% Acid

454±89

1661±4

1.91±0.01

42.3±0.7

282±14

8.3±0.2

282

0.46

0.42

0.22

PS6/20% Acid

496±120

1680±16

1.90±0.01

41.1±1.4

195±11

8.2±0.2

323

0.53

0.56

0.25

PS7/5:1 PDMS

375±67

1588±10

2.09±0.09

49.3±0.9

386±35

16.7±0.2

94

0.25

0.09

0.09

PS8/10:1 PDMS

496±120

1680 ±16

1.90±0.01

41.3±0.8

182±13

8.2±0.2

323

0.53

0.56

0.25

PS9/15:1 PDMS

468±120

1911 ±4

1.80±0.01

32.1±1.1

112±11

6.7±0.1

460

1.07

0.84

0.32

3.3.4. Repeatability and Hysteresis Response
According to Table 3.1, dielectric layers D2, D6, and D8 had the same fabrication
conditions (curing temperature of 140 ℃, 20% nitric acid, and 10:1 PDMS mixing ratio).
Accordingly, pressure sensors PS2, PS6, and PS8 possess similar features, as illustrated in
Table 3.2. Therefore, pressure sensor PS2 was selected as the optimized sensor for performing
more investigations.
The repeatability of the pressure sensor PS2 was investigated by subjecting it to 1000
cycles of pressure loading (loading - 5 seconds; unloading - 5 seconds; applied pressure - 100 kPa).
Fig. 3.13 (a) shows the repeatability of the sensor response; the insets show the capacitive response
of the sensor for cycles between 200 - 210 and 800 - 810. The average base capacitance (at
unloading) of the sensor for cycles between 200 - 210 and 800 – 810 was measured as 8.39 pF and
8.31 pF, respectively (showing a slight change of 0.95%). Similarly, the maximum capacitance (at
loading) of the sensor for cycles between 200 - 210 and 800 – 810 was measured as 14.51 pF and
14.55 pF, respectively (showing a negligible change of 0.27%). Thus, it can be concluded that the
performance of the sensor is highly repeatable and stable.
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Figure 3.13. Pressure sensor PS2 characterization: (a) repeatability test result for 1000 cycles at 100 kPa, (b) step-wise pressure
response, and (c) hysteresis test response.

The hysteresis response of the nine fabricated pressure sensors was investigated by
applying step-wise loading with continuously increasing pressures from 0 kPa up to 200 kPa in
steps of 20 kPa followed by continuously decreasing pressures to 0 kPa (dwell time – 15 s). The
capacitive response of the pressure sensors was measured, and the degree of hysteresis (DH) was
mathematically calculated using Eq. (3.5)
𝐷𝐻 (%) =

[𝑥2 −𝑥1 ]×100
𝑥𝑝 −𝑥𝑏

(3.5)

where x1 and x2 are the capacitances measured for an applied pressure during the step-wise increase
and decrease, respectively, xp is the peak capacitance (at 200 kPa), and xb is the base capacitance
(at 0 kPa). An average degree of hysteresis of 3.1%, 2.8%, 2.6%, 1.5%, 2.9%, 2.7%, 3.0%, 2.9%
and 3.2%, was calculated for PS1, PS2, … and PS9, respectively. The step-wise pressure response
and hysteresis response of the pressure sensor PS2 is shown in Fig. 3.13(b, c). The results
demonstrated that the sensor was capable of deforming and recovering for varying loading and
unloading pressures without any structural damage or permanent collapse of the pores.
In addition, the repeatability of the pressure sensors was investigated during loading and
unloading cycles by applying step-wise pressures increasing from 0 to 200 kPa and then decreasing
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from 200 kPa to 0 Pa, repeated for 20 cycles in steps of 20 kPa (this shows the repeatability of the
sensor in contribution with the hysteretic behavior of the sensor). Figure 3.14(a) shows the
repeatability of pressure sensor PS2 in step-wise loading and unloading pressures (0-200 kPa). The
insets show a 1.1% decrease in base capacitance and 1.3% increase in the maximum capacitance
of the sensor for 20 loading and unloading cycles subjected to 80 kPa applied pressure. A 1.4%
average degree of hysteresis was calculated for PS2 (Fig. 3.14(b)).
Similarly, the results of PS9, which is the highest sensitive pressure sensor, was also shown
in Fig. 3.15(a, b) for low pressures (up to 200 Pa) with a 7.9% average degree of hysteresis. This
experiment shows that the sensors are very repeatable and provide stable response. In addition, it
confirms that no structural damage has occurred to the sensors during and after multiple loading
and unloading cycles.
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Figure 3.14. Repeatability of pressure sensor PS2 in pressure ranges from 0 to 200 kPa: (a) stepwise pressure response and (b) hysteresis response.
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Figure 3.15. Repeatability of pressure sensor PS9 at low pressure ranges (<200 Pa): (a) step-wise
pressure response and (b) hysteresis response.

3.3.5. Response/Recovery Time
The response/recovery time of the pressure sensor PS2 is shown in Fig. 3.16, through
loading and unloading of 50 kPa. The relative capacitance change of the sensor was measured as
a pressure of 50 kPa was applied rapidly (at the force gauge lower speed of 500 mm/min), held for
1 s, and then removed rapidly (at the force gauge upper speed of 500 mm/min). Response time of
115 ms was measured for the pressure sensor PS2, as the time in which the capacitance changes
from 10% to 90% (compared to its maximum change), in response to the applied pressure of
50 kPa. Similarly, a recovery time of 570 ms was measured for the pressure sensor PS2, as the
time in which the capacitance changes from 90% to 10%, upon removing the pressure (unloading).
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Figure 3.16. Response/recovery time of the pressure sensor PS2 upon loading and unloading of
50 kPa.

3.3.6. Application Demonstration
To demonstrate the sensors’ wearable and tactile sensing applicability, a fabric-based fit
cap with an array of 16 pressure sensors was developed for measuring and mapping the applied
pressures on a player’s head while wearing a helmet. This fit cap with real-time pressure mapping
capability provides information on the proper fit of the helmet on a player’s head during game
practice and play in the field. This fit cap information in turn helps helmet manufacturers to
develop their products custom fit to an individual player’s heads for the purpose of achieving
optimal performance and decreasing the severity of many injuries sustained by the athlete’s heads
attributed to the improper fit of the helmet.
The fit cap was designed with six separate fabric pieces for accommodating the sensors.
The pressure sensors’ bottom silver-TPU electrodes were laminated on the six fabric pieces of the
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designed fit cap, which were initially laser-cut, as illustrated in Fig. 3.17(a). After that, wires were
attached to the bottom electrodes, using a heat press lamination process on a new TPU base film.
Following this, different parts of the cap were attached using a sewing process (Fig. 3.17(b)).
Finally, porous dielectric layers and top electrodes were attached using an adhesive PDMS layer
along with a sewing process to form complete capacitive pressure sensors on the cap (Fig. 3.17(c)).
A second labeled fabric cap with chin straps then covered the first cap to protect the sensors from
damage and unwanted movement (Fig. 3.17(d)). Porous dielectric layers of the 16 pressure sensors
were fabricated using the same fabrication process as described in the sensor fabrication part (with
140 ℃ curing temperature, 20% nitric acid/PDMS, and 10:1 PDMS ratio). The thickness of the 16
fabricated dielectric layers was 1.4 ± 0.05 mm. The capacitive responses of the 16 pressure sensors
(composed of 16 dielectric layers) were investigated before attaching to the cap, and an average
capacitance change of 34.4 ± 1.6% was measured for the array of pressure sensors for the applied
pressures ranging from 2-20 kPa, as illustrated in Fig. 3.18 and Table 3.3. As a preliminary
uniformity test, two fabric electrodes were attached on the stationary plate of a test stand and
moving plate of a force gauge from their fabric side using double sided tape. The porous dielectric
layer was then placed on the attached bottom electrode and positioned for complete overlap with
the top electrode when the compression plate touches the dielectric layer (Fig. 3.18(a)). Following
this, the capacitive response of the pressure sensor was recorded for the applied pressure ranges
from 2-20 kPa. Similarly, the second porous dielectric layer was placed between the top and
bottom electrodes and the experiment was repeated for all the fabricated 16 dielectric layers.
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Figure 3.17. Wearable tactile sensing fit cap demonstration: (a) bottom electrodes laminated on fabric, (b)
attachment of different parts of the cap, (c) complete pressure sensors on the cap, (d) covering the sensors
with a labeled cap, (e) hysteresis response of the 16 pressure sensors on the cap, (f) subject during the test,
(g) pressure distribution on the fit cap/head for three subjects.

Figure 3.18(b) and Table 3.3 show the capacitive response of the 16 pressure sensors used in the
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fit cap for the applied pres-sures ranging from 2-20 kPa.
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Figure 3.18. Preliminary investigation on the capacitive response of the pressure sensor array used in
the fit cap (a) placing the pressure sensors on the force gauge and (b) relative capacitance change of
the 16 pressure sensors.

The hysteresis response of the 16 fabricated pressure sensors was investigated by applying
step-wise pressures increasing from 0 to 200 kPa and then decreasing from 200 kPa to 0 Pa,

Table 3.3. Capacitive Response of the16 Pressure Sensors Used in the Fit Cap (2-20kPa)
Capacitance
Change (%)

Sensitivity
[%/kPa]

Correction
Coefficient (R2)

Capacitance
Change (%)

Sensitivity
[%/kPa]

Correction
Coefficient (R2)

S1

32.8

1.34

0.991

S9

37.0

1.68

0.998

S2

33.3

1.45

0.998

S10

36.5

1.63

0.996

S3

32.0

1.34

0.992

S11

36.0

1.65

0.999

S4

33.3

1.41

0.991

S12

34.9

1.47

0.994

S5

32.8

1.45

0.998

S13

34.0

1.45

0.982

S6

32.7

1.52

0.994

S14

35.5

1.46

0.982

S7

36.5

1.66

0.998

S15

37.1

1.64

0.991

S8

33.0

1.45

0.982

S16

34.5

1.54

0.991

Sensor

Sensor

87

Table 3.4. Head Measurements for Three Subjects
Head Measuring
Part

Measurements in Millimeters
Subject 1

Subject 2

Subject 3

Length

204

201

195

Breadth

155

150

150

Height

242

250

215

Circumference

592

588

565

Sagittal Arc

360

365

340

Coronal Arc

371

365

315

repeated for 100 cycles in steps of 20 kPa. An average degree of hysteresis of 0.5% was calculated
for the 16 pressure sensors, as illustrated in Fig. 3.17(e).
The performance of the designed fit cap with porous pressure sensors was investigated by
collecting the data from three male subjects when wearing a football helmet. Table 3.4 shows the
head measurement for each subject. As a first step in performing the test procedure, the subject
wore the fit cap and fastened the chin strap. Following this, the subject waited for about 10 seconds,
so that the readings could stabilize from a software filter. The subject then put on the football
helmet and waited again for about 10 seconds for the readings to stabilize. After that, the subject
took off the helmet and fit cap. Each subject repeated the process three times for validating the
collected data. Fig. 3.17(f) shows the subject during the test procedure. A readout circuit was
designed and fabricated for data acquisition. In addition, a custom-built Visual Studio program
was developed for visualization of the pressure distribution on the fit cap/head during the test
procedure. As illustrated in Fig. 3.17(g), subject 1, with the largest head measurements, felt more
pressure around his head when put on the helmet. Similarly, subject 3, with the smallest head
measurements experienced the least pressure. As illustrated, the results were consistent among the
subjects, as well as the tests, and demonstrated that the highest pressure was experienced in the
front locations of the head (labeled as 1, 2, 3, and 6 on the cap).
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The summary of pressure sensor performance in this work compared to other recent
reported works is listed in Table 3.5.

Table 3.5. Comparison of Performance Metrics of the Present Work with Recently Reported
Pressure Sensors
Response
Highest
Time
Sensitivity

Ref

Mechanism

Structure

Coating

Hysteresis

107

Piezoresistive

Porous
PDMS

AgNWs

-

-

100

Capacitive

Porous
PDMS

Carbon
conductive paste

-

60 ms

110

Piezoresistive

Porous
PDMS

Chemical Grafting

2%

120 ms

94

Capacitive

Porous
PDMS

No conductive

99

Resistive

Porous
fiber

109

This Work

of Polypyrrole

material added

Carbon nanotube
nanocomposite

Resistive

Porous
PDMS

Carbon nanotube

Capacitive

Porous
PDMS

No conductive
material added

-

20 ms

-

-

5.7%

2.8%

14.1 kPa-1
(<3.5 kPa)

Saturation
range

Electrodes

>30 kPa

Aluminum
tape

1.1 kPa-1 (<10
> 100 kPa
kPa)
0.07 kPa-1
(<5 kPa)
0.02 kPa-1
(<100 kPa)
0.8 MPa-1
(0.1-1 MPa)
~0.05 MPa-1
(0.0025-40
MPa)

>100 kPa

~1000 kPa

-

Copper tape/
copper paste
Copper tape

Copper tape/
electric paint
Conductive
epoxy resin/
silver paint

0.02 kPa-1
(<100 kPa)
Copper sheet/
8.5 ms 10 MPa-1 (0.1- >>1000 kPa
silver paste
1.2 MPa)
PS2:5 MPa- 1
(<0.2 MPa)
115 ms
>1000 kPa
PS9:2.5 MPa-1
(0.2 -1MPa)

Heat press
lamination of
silver-TPU on
fabric

3.4. Supplementary Information
3.4.1. Sensor Response to Shear Pressures
Capacitive performance of the pressure sensors PS1, PS2, and PS3 in response to the shear
pressures/stresses were investigated. Two flat metallic plates were clamped by the grips of the
force gauge and the Mark-10 test stand and pressure sensors were affixed between the two plates
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using a double-sided Kapton tape (Fig. 3.S1(a)). The capacitance value of the pressure sensors was
then recorded (using Agilent E4980A LCR meter) when the upper grips of the force gauge
travelled downwards for an overall displacement of one millimeter. This was repeated for 10 cycles
in three runs of an experiment for each sensor. As shown in Fig. 3.S1(b), when the force gauge
travelled downwards the corresponding attached plate and electrode moved along as well and
caused a decrease between the overlapping area of the sensors’ electrodes which in turn resulted
in a decrease in the capacitance value (Fig. 3.S1(c, d, e)). Similarly, when the force gauge travelled
back to its original position, the capacitance value was increased and reached its initial value. An

F

A

d

F

(a)

(b)
PS3

21.5

9.0

7.5

21.3

8.8

7.3

21.1

8.6

7.1

8.4

6.9

8.2

6.7

C(pF)

C (pF)

PS1

20.9

Run 1
Run 2
Run 3

20.7
20.5

8.0

0

1000

2000
Samples

3000

4000

6.5

0

1000

2000
Samples

(c)

(d)

3000

4000

0

1000

2000

3000

4000

(e)

Figure 3.S1. Effect of shear pressures on the pressure sensor response: (a) sensor placed between two
parallel plates clamped between the force gauge and the test stand, (b) change in the electrodes
overlapping area; Capacitive response of the pressure sensors: (c) PS1, (d) PS2, and (e) PS3 for 10
cycles of the applied shear pressure for an overall displacement of 1 mm.
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overall capacitance change of ≈0.7%, ≈2.4%, and ≈2.7% was measured for PS1, PS2, and PS3,
respectively, for a displacement of one millimeter. Therefore, the results confirm that pressure
sensors fabricated with relatively higher porous dielectric layers are also more sensitive to shear
pressures.

3.5.

Summary
In this work, a novel porous PDMS based capacitive pressure sensor was fabricated by

manipulating the dielectric layer porosity for wide pressure sensing applications. For the dielectric
layer, the porous PDMS was fabricated by introducing HNO3 into a mixture of PDMS and
NaHCO3 facilitating the release of the CO2 gas during the acid-base neutralization process. Nine
different pressure sensors (PS1, PS2, … PS9) were fabricated in which the porosity of the dielectric
layers (D1, D2, … D9) were varied by changing the curing temperature, the mixing proportions of
HNO3/PDMS concentration, and the PDMS mixing ratio.
By varying the curing temperature from 110 ℃ to 170 ℃, the concentration of the nitric acid from
10% to 20%, and PDMS mixing ratio from 5:1 to 15:1 (decreasing the PDMS pot life), the
capacitance of the porous fabric-based pressure sensor increased by 385%, 90%, and 389%,
respectively. As the porosity of the dielectric layers was increased, the corresponding Young’s
modulus, compressive deformation and hardness also decreased. This resulted in relatively higher
sensitivities for the corresponding pressure sensors in all the applied pressure ranges (0-1000 kPa).
From the results, a curing temperature of 170 ℃, acid concentration of 20% and PDMS ratio of
15:1 were identified as optimized parameters for obtaining more uniform pore size distribution
across the dielectric layer that can be implemented for fabricating a pressure sensor with higher
sensitivity. The potential wearable applicability of the porous fabric-based pressure sensors was
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demonstrated as tactile sensors on a fabric-based fit cap. The fit cap consists of an array of 16
pressure sensors and while wearing a football helmet, the cap was able to successfully measure the
applied pressures of the helmet on three subject’s heads. The results demonstrated the feasibility
of the porous fabric-based capacitive pressure sensors for several practical wearable applications.
The next chapter discusses a project that involves the development of a flexible wireless
ECG monitoring device with dry fabric electrodes for continuous monitoring of the heart activity.
It includes the details about design, fabrication, experimental setup, and test results.
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CHAPTER Ⅳ
DEVELOPMENT OF A FLEXIBLE WIRELESS ECG MONITORING
DEVICE WITH DRY FABRIC ELECTRODES FOR
WEARABLE APPLICATIONS
4.1.

Introduction
Cardiovascular disease (CVD) is one of the leading causes of death in the United States of

America per the American Heart Association [130-134]. The mortality rate due to CVD could be
significantly reduced simply if an electrocardiogram (ECG) test had been performed regularly on
the individuals [130,131]. In addition, continuous monitoring of ECG signals is strongly
recommended for people with severe CVD. Currently, the ECG tests are performed in the hospitals
and health care clinics using standard wet silver (Ag)/silver chloride (AgCl) electrodes [132-134].
In ECG monitoring systems, the electrode serves as the interface between the body and the
electronic monitoring system for measuring the biopotentials and currents. The electrodes are
placed in direct contact with the body (electrolyte) and its main role is to provide a path for charge
transfer, from an ionic form in the biological source (body) to an electron form (for the electronic
apparatus). There are two types of electrodes available for ECG measurements depending on the
mechanism by which the current passes between the electrode and the body: perfectly
nonpolarizable wet electrodes and perfectly polarizable dry electrodes [135]. In nonpolarizable
wet electrodes, an actual current freely crosses the body and the electrode, whereas the polarizable
dry electrodes behave as a capacitive element and no actual charge crosses the interface (there is
a displacement current instead). For example, in Ag/AgCl wet electrodes, the actual charge transfer
occurs by a conductive path through an electrochemical process between the adhesive conductive
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gel and the biological tissue, while dry electrodes do not conduct an actual current and thus do not
need any kind of gel. Therefore, when using wet electrodes, the conductive hydrogel (containing
AgCl electrolyte that reduces the contact impedance) should be applied between the electrodes and
skin. In addition, wet electrodes require skin preparation including shaving, cleaning with alcohol,
and even removal of dead layers of skin using pads with a sandpaper finish in order to provide
sufficient skin contact for appropriate charge transfer and acquiring ECG signals [136]. This long
tedious process is highly undesired and research efforts have been focused to replace these
conventional wet electrodes with the dry electrodes, while providing ECG signals with the same
or better quality without the need of any skin preparation. In addition, the conductive gel dries out
quickly and restricts the continuous monitoring of ECG signals. Moreover, some patients become
allergic and develop skin rashes to the conductive gel [137-139]. Even though the standard wet
Ag/AgCl electrodes have low skin impedance with good signal stability and reproducibility, the
use of a conductive gel is a significant drawback as it could dry out over time, thereby resulting in
measurement errors due to increase in both contact resistance and motion artifacts. However, the
readout modules of the current clinical ECG systems are bulky, expensive, do not offer wireless
data transmission capabilities and limit portability [140]. This has led to research on the design
and development of portable and miniaturized ECG devices that can acquire and transmit ECG
signals wirelessly without the need of skin preparation and conductive gel.
Typically, the ECG measurement devices are desired to be stand alone, light weight,
miniaturized, portable, flexible, conformable, and facilitate seamless integration with the
electrodes and the electronics capable of being attached directly to the chest. However, many of
the recent wearable and lightweight ECG measurement devices developed for continuous
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measurement of the ECG signals lack in providing one or many of the aforementioned features
[141,142]. Most of the electrodes of these devices are available in the form of wearable patches,
but not actual clothing and this causes some discomfort to the patients by requiring them to wear
additional items such as peel and stick patches, chest belts, and wrist bands [143,144]. In addition,
these devices use conductive materials such as silver paste, graphene woven fabrics, PEDOT:PSS
conductive polymer, and carbon composites [145-146] as sensing layers that get attached to the
skin directly to obtain low contact impedance and some of these electrodes use conductive gel
adhesives as well. Direct exposure to many of these conductive materials can cause skin toxicity.
For example, direct and excessive exposure to silver can cause a permanent skin discoloration
condition, called Argyria and other toxic health effects and is not desired, but still is being used
[148]. Also, the usage of conductive gels requires tedious skin preparation which is not desired.
The investigation of signal-to-noise ratio as well as external effects such as temperature, humidity,
and motion artifacts of the developed ECG devices have not been sufficiently discussed in the
published works, which limits the applicability of these devices for practical applications [149].
To alleviate the disadvantages with the ECG measurement devices, we developed a
completely flexible and portable wireless ECG device. It is mainly composed of three subsystems
(Fig. 4.1). The first subsystem is electrodes, which serve as interfaces between the patient’s body
and the electronic apparatus. The second subsystem is the signal conditioning/processing unit.
Typically, the ECG signals, like any other bio/physiological signals, are small in amplitude (μV to
mV) with low frequencies (0.1 Hz to 1 kHz) and require amplification and filtering external noises
from the recorded ECG signals using signal conditioning units. The last subsystem is the
communication unit, which allows connecting the ECG device to a computer or smartphone for
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data transmission and display. Each subsystem is essential for the effective functioning of ECG
system to record the signals and measure typical ECG characteristics (QRS complex, P and the T
waves).
Readout Circuit Module

ECG Sensor
(Dry Electrodes)

Signal Conditioning
Unit

Communication Unit
(data transmission)

Figure 4.1. The main subsystems of the ECG device.

For the first time, the dry electrodes were fabricated by printing a conductive carbonPDMS composite on stretchable thermoplastic polyurethane (TPU) laminated fabric along with a
flexible readout module that can be directly integrated into clothing. The carbon/PDMS composite
is biocompatible and non-toxic and provides large skin contact area compared to other sensing
materials. The additive manufacturing processes including screen and bar coating was adopted
[150-156] in the development of ECG devices, since they provide several advantages such as
simple fabrication steps, less material wastage, rapid prototyping [157-161], and results in the
fabrication of flexible, conformable, and lightweight devices [162-171]. The dry electrodes
facilitate the acquisition of ECG signals without any skin preparation and conductive gel [132].
The ECG monitoring device was housed on an athletic T-shirt with the electrodes heat pressed
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onto the inside of the shirt. The readout printed circuit board (PCB), which consists of a signal
conditioning and data transmission module, was then placed on the outside of the shirt and has the
capability of wirelessly transmitting an ECG signal data to an Android smartphone device for
graphical visualization. This paper will provide the design and implementation details of the
flexible dry electrodes and the results demonstrating its capability to acquire ECG signals when
compared to wet electrodes.

4.2.

Experimental

4.2.1 Chemicals and Materials
MWCNTS with 95% purity, 20-30 nm outer diameter, 5-10 nm inner diameter, >100 S/cm
electrical conductivity from US Research Nanomaterials, Toluene (244511) from Sigma Aldrich
Chemical Company, Sylgard® 184 PDMS kit from Dow Corning, Ag (Ag800) from Applied Ink
Toluene

MWCNTs

Toluene

PDMS Part A

MWCNTs/ Toluene
+
PDMS/ Toluene
Magnetic Stirring
Magnetic Stirring

Magnetic Stirring

(a)
Ultrasonication

(d)

(b)

(c)

Magnetic Stirring

PDMS Part B

Magnetic Stirring

(f)

(e)

Figure 4.2. Preparation of the conductive MWCNTs/PDMS composite: (a) mixing MWCNTs/toluene
followed by magnetic stirring, (b) mixing PDMS/toluene followed by magnetic stirring, (c) combining
PDMS/toluene and MWCNTs/toluene followed by magnetic stirring on a hotplate and then at room
temperature, (d) ultrasonication (e) magnetic stirring and (f) adding PDMS part B followed by magnetic
stirring.
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Solutions, thermoplastic polyurethane (TPU) (Intexar TE-11C) from Dupont and sweat resistant
fabric (JenniferS/914, 15% Spandex, 85% Polyester) from Top Value Fabrics Inc was used for
fabricating dry ECG electrodes.

4.2.2 Preparation of MWCNTs/PDMS Composite
During the preparation of the MWCNTs/PDMS composite, the materials are likely to
agglomerate due to the large surface area of the MWCNTs (>500m2/g) and strong Van der Waals
forces between particles [172]. Toluene was chosen as the solvent for achieving proper mixing and
homogeneous dispersion of the MWCNTs in the PDMS. Figure 4.2 illustrates the steps for the
preparation of the conductive MWCNTs/PDMS composite. Initially, MWCNTs were mixed in
toluene in a 1:6 (w/w) ratio and magnetically stirred continuously for 75 minutes at room
temperature to form a MWCNT/toluene mixture. Then, a PDMS/toluene mixture was prepared by
mixing PDMS (Part A) in toluene in a 1:1 (w/w) ratio and magnetically stirred continuously for
75 minutes at room temperature. The PDMS/toluene mixture is responsible for providing proper
adhesion to the TPU substrate while the MWCNT/toluene mixture determines the electrical
conductivity of the dry electrode. Following this, the PDMS/toluene and MWCNT/toluene were
mixed in a 2:1 (w/w) ratio, in terms of PDMS and MWCNTs, by magnetically stirring for 4 hours
on a hot plate at 50 °C. The resultant MWCNTs/PDMS solution was then magnetically stirred for
8 hours at room temperature followed by 40 minutes of sonication (using FS20 Fisher Scientific
ultrasonication bath), to achieve a homogeneous dispersion. The MWCNTs/PDMS solution was
again magnetically stirred for 1 hour for agitating the particles and achieving better dispersion of
MWCNTs in PDMS. Finally, PDMS (Part B) was added to the prepared MWCNTs/PDMS
solution in a 1:10 (w/w) ratio and magnetically stirred for 30 minutes at room temperature. The
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multiple mixing processes determine the quality of the final conductive ink solution. Since toluene,
which has a boiling point of 110.6 °C, vaporizes at room temperature, the mixtures were kept in
closed containers during the MWCNTs/PDMS composite preparation process.

4.2.3 Dry ECG Electrode Fabrication
Figure 4.3(a) shows the layer stack of the dry ECG electrodes. Initially, Ag ink was
deposited on the flexible TPU substrate using a screen printer (AMI MSP 485) from Affiliated
Manufacturers Inc. The screen used in the screen printer was of stainless-steel type with mesh
count, wire diameter, deflection angle and MS-22 emulsion thickness of 325, 28 µm, 22.5° and
12.7 μm, respectively. The screen-printed Ag ink was then thermally cured in an oven (VWR®
1320) at 130 °C for 8 minutes. Following this, the prepared MWCNTs/PDMS composite was bar
coated on the silver using a 10-mil bar coater film applicator. The backing silver layer was used to
make the connection between electrodes and the readout circuit. The silver layer also improves the
conductivity of the top sensing layer (carbon layer). Then, the bar coated MWCNTs/PDMS
composite was thermally cured at 110 °C for 30 minutes. Following this, the electrode shape (30
mm - the initial design was 32 mm to compensate for possible burning and shrinking effects) was
cut using a PLS6MW CO2 Laser from Universal Laser System. The CO2 laser was set to a height
of 20.32 mm, a power of 10 watts and ran at a speed of 0.50 meters per second. Next, the dry
electrodes were placed in the chest region of the T-shirt and heat pressed to the fabric of T-shirt at
140°C for 30 seconds using Geo Knight – DK20SP laminator for proper electrode adhesion to the
T-shirt (Fig. 4.3(b)). Following this, the developed ECG electrodes were connected to a readout
PCB module (Fig. 4.3(c)) for data acquisition, processing and transmission.
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4.2.4 Characterization of the MWCNTs/PDMS Composite
The surface morphological characterization of the MWCNTs/PDMS composite was
investigated using a Bruker Contour GT-K 3D vertical scanning interferometry. An average
thickness and roughness of ≈246 µm and ≈2.2 µm, respectively, were measured for the bar-coated
MWCNTs/PDMS composite (Fig. 4.4(a, b)). In addition, surface morphology as well as elemental
characteristics of the fabricated dry electrodes were investigated using scanning electron
microscopy (SEM) and energy-dispersive X-ray spectroscopy (EDS). The SEM images (Fig. 4.4(c,
d)) shows a uniform coverage of MWCNTs/PDMS composite without any cracks/holes and the
EDS spectra of the ECG electrodes (Fig. 4.5) don’t reveal any silver (Ag atoms) on the sensing
layer which clearly indicates that there are no pinholes on the MWCNTs/PDMS sensing layer and
(a)
88

(b)
88

MWCNTs/PDMS
Composite
Ag Layer
TPU Layer
Fabric

(c)

(d)
88

Metal snap
buttons

Figure 4.3. Dry ECG electrodes: (a) schematic and layers (b) electrodes attached to fabric (c) integrated
electrodes to the flexible readout circuit attached to fabric using top-bottom snaps, and (d) ECG
monitoring device attached to the T-shirt with dry electrodes laminated inside and flexible readout
circuit snapped outside.
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Thickness ≈ 246 µm

Ra ≈ 2.2 µm

X Profile: ∆X= -199.5 µm; ∆Z=246.0 ±1.3 µm

1 µm
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10 µm

(d)
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1 µm

10 µm

MWCNTs/PDMS Composite

10 µm
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Figure 4.4. Electrode topology, MWCNTs/PDMS layer: (a) thickness, (b) roughness and (c,d) SEM
images with different magnification.

Figure 4.5. Elemental characteristics of the fabricated
101 dry ECG electrodes sensing layer, composed of
conductive MWCNTs/PDMS composite barcoated on silver (Printed on TPU).

silver will not be in contact with the skin surface. The MWCNTs/PDMS composite sheet resistance
was measured using a Keithley 2400 Source Meter connected and a four-point probe (SRM-232
probe head), which consists of four electrical probes with a spacing of 1 mm. The characterization
was performed on a MWCNTs/PDMS composite bar-coated sample with an overall dimension of
100 × 100 × 0.25 mm. The conductivity of the samples was calculated using the sheet resistance
and the thickness of the layers. A conductivity of ≈77 S/m was calculated for MWCNTs/PDMS
layer, and finally the conductivity of the ECG electrode (MWCTs/PDMS-silver) was calculated
as ≈73,000 S/m.

4.2.5 Readout PCB Module
Figure 4.3(c) shows the readout PCB module fabricated on the flexible polyimide platform
(3.5”x1.5”). As illustrated, the readout PCB was connected to dry electrodes on the shirt using
snap button which provides relatively better comfortability to the user wearing the device (Fig.
4.3(c, d)). The circuit developed for this system involved two major functions: signal conditioning
(which includes filtering, amplification, and digital conversion of the analog micro-voltages
collected by the dry sensors), and the wireless transmission of the converted digital data (Fig. 4.1).
A block diagram showing the various critical components of the readout PCB module is shown in
Fig. 4.6. Figure 4.7(a) depicts the ECG signal which is wirelessly transmitted to the smart phone
app. For the portion of the circuit that deals with the analog heart signals being acquired up by the
MWCNT dry sensors, the MAX30003 ECG analog front end (AFE) was carefully chosen to
perform almost all of the analog operations including the collection, filtering, amplification, and
digital conversion of the micro-voltages being produced by the heart. The filtering of the noise
produced by various biological artifacts (such as muscle movement) as well as detection of the R102

R peak intervals of the ECG signal was implemented by the use of Pans-Tompkins Algorithm,
which is built into the core of the MAX30003. The conversion of the filtered and amplified analog
micro-voltages also takes place within the MAX30003 through its internal ADC, and this
converted digital information transmitted to an external MCU via the embedded SPI interface
[173,174]. Other important components on this side of the circuit include:
•

A 32.7 kHz external crystal oscillator to provide the MAX30003 with a clock reference
•

A 1.8V 600 mA linear regulator to provide optimal power conditions required for the

regular operation of the MAX30003
•

An 8-bit bidirectional voltage-level translator (TXB0108PWR) to allow seamless

communications between the MCU and AFE (since they operate at different voltage levels)
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For processing and wireless transmission of the converted digital data being transmitted by
the AFE, the ESP32-WROOM-32D manufactured by Espressif was chosen. This module provided

Power supply
(3.6V coin cell battery)
Bluetooth, BLE, & Wi-Fi

Collection, Filtering,
Amplification, Digital
Conversion
(MAX30003)

Bidirectional Voltage-level
Translator
(TXB0108PWR)

Processing
&
Wireless Transmission
(ESP32-WROOM-32D)

Serial Communications
Flashing & Debugging
(UART Interface )

ECG Sensor
USB port

Figure 4.6. Block diagram of the readout PCB module (signal conditioning and data transmission unit).

104

(a)

(c)

(b)

Figure 4.7. (a) ECG signal wirelessly transmitted to smartphone app, (b) ECG signals
measured using standard wet electrodes and (c) ECG signals measured using fabricated
dry ECG electrodes.

ample processing power due to its dual-core structure and its 32 Mbits of SPI flash, as well as its
own internal 40 MHz crystal [175]. The ESP32-WROOM-32D also provides the user with
multiple wireless transmission methods (Bluetooth, BLE, & Wi-Fi) [175], and it offers an
extremely flexible programming & development environment by letting the user choose how and
where they program the module. The ESP32-WROOM-32D initiates digital communications with
the MAX30003 AFE via SPI connection. Once it receives the data, it sorts the values into two
separate 32-bit arrays, one for the R-R peak interval values, and another for the ECG value itself.
Using these data, the heart rate can be calculated and all three of these values (ECG, R-R, & HR)
are transmitted wirelessly using its Bluetooth capabilities [175]. Other important components on
the processing and transmission end of the circuit include:
•

A 3.3V 600 mA linear regulator to ensure proper power conditions for the stable operation

of the ESP32.
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•

A USB to serial UART interface (FT232R) as well as mini-USB for serial communications

and for flashing & debugging purposes.
•

A Bipolar (BJT) transistor array (2 NPN) for automatic reset and to provide optimal

conditions for flashing & debugging
The circuit was powered by a 3.6V coin cell battery and makes use of a throw switch for easy user
operation.

4.3.

Results and Discussions

4.3.1 Dry and Wet Electrodes Results and Wireless Data Transmission
The performance of the dry electrodes in terms of ECG characteristics (QRS complex, P
and T waves) was compared with the conventional wet electrodes by testing them on ten healthy
subjects, including eight male and two female individuals in the age group of 20 to 35 years old.
The obtained ECG signals from standard wet as well as fabricated dry electrodes (30 mm in
diameter) are shown in Fig. 4.7(b, c), respectively. From the wet electrodes, it was observed that
the ECG signals has very little noise and is clearly visible with the typical ECG characteristics of
QRS complex and the T wave. However, the P wave was not very visible with the wet electrodes.
Fig. 4.7(c) shows a very clean ECG signals acquired by flexible dry electrodes with very minimal
noise. It is evident from the results that the recorded signals were comparable and often better than
the wet electrode results. Also, the QRS complex, P wave and the T wave were all visible. These
are the most important components in an ECG signal and the fabricated flexible dry electrodes
along with the readout module captured all these characteristics. The device is wireless and can
have the ECG signal sent via Bluetooth to an Android smartphone app as shown in Fig. 4.7(a).
The Arduino Centrale Free app was used to obtain the results and captured the same exact graphs
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as above, the only difference has been the resolution of the Bluetooth graph, which was much
lower than the graph shown in Fig. 4.7(c). This in turn resulted in minor distortions and makes the
graph slightly noisier.
The signal-to-noise ratio (SNR) of the recorded ECG signals from dry and commercially
available wet electrodes was investigated by calculating the root-mean-square (RMS) amplitude
of each signal waveform in MATLAB using Eq. (4.1)
𝐴

𝑆𝑁𝑅 (𝑑𝐵) = 20 log ( 𝐴𝑠𝑖𝑔𝑛𝑎𝑙 )

(4.1)

𝑛𝑜𝑖𝑠𝑒

where Asignal and Anoise are the RMS amplitude of the signal and noise waveforms, respectively.
Figure 4.8(a) and (b) shows 25 beats of the recorded ECG signal from one subject, as an example,
using dry and wet electrodes with SNR of 20.14 and 17.35, respectively. The inset clearly shows
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Figure 4.8. Signal-to-noise ratio measurement: 25 beats of the ECG signal recorded using (a) Dry
electrodes and (b) wet electrodes.
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that the ECG signal recorded using dry electrodes contains relatively less noise when compared to
the signals measured by the wet electrodes. Similarly, SNR values of 23.1 ± 4.6 dB and 21.2 ± 5.5
dB were calculated for three subjects using dry and wet electrodes, respectively, where 25
measurements were considered for each subject for calculating SNR. It should be noted that
typically the amplitude of the ECG signals varies from subject to subject (ranges between 0.5 mV
to 1 mV before amplification, for heart rate between 60 bpm and 100 bpm [176]) resulting in
relatively larger standard deviations. The SNR results clearly show that the dry electrodes perform
better than the commercially available Ag/AgCl electrodes.

4.3.2 Effect of Motion Artifacts
The effect of motion artifacts on the quality of the ECG signals was investigated by
measuring the ECG signal response of the wet and dry electrodes from three subjects (2 male and
one female subject) while exercising on a treadmill at different speeds. Figure 4.9 shows the ECG
signal of a male subject (age: 35 years old) with a BMI of 22. The ECG signals were recorded
using both wet and dry electrodes (30 mm in diameter) when the subject was in a relaxed position
(Fig (4.9(a, d))), as well during exercise on a treadmill when subject was walking at speed of 2
mph (Fig (4.9(b, e))) and jogging at speed of 4 mph (Fig (4.9(c, f))). At a relaxed position (heart
rate of ≈75 bpm), wet and dry electrodes recorded similar signals in terms of ECG characteristic
components or signal amplitude. However, it was observed that the quality of the recorded ECG
signals by both electrodes decreased when the motion was increased during exercise. For example,
as shown in Fig. 4.9(b), the ECG components recorded by wet electrodes became noisier during
walking (heart rate of ≈95 bpm). The distortion/noise in the ECG signals recorded by the wet
electrodes increased as the subject increases the motion (when subject started jogging at heart rate
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Figure 4.9. The effect of motion artifacts on the ECG signals (male subject): (i) from wet electrodes:
(a) subject in a relaxed position (sitting idle), (b) subject walking (2 mph), (c) subject jogging
(4 mph); (ii) signal from dry electrodes (Ø 30 mm): (d) subject in a relaxed position (sitting idle),
(e) subject walking (2 mph), (f) subject jogging (4 mph); ECG signals during different motion
levels measured using: (g) wet electrodes and (h) dry electrodes.

of ≈130 bpm, Fig. 4.9(c)). When compared to wet electrodes, the dry electrodes performed very
similar, decreasing the signal quality under heavier exercise status. However, ECG components of
the both recorded signals remained identifiable during exercise. In addition, like wet electrodes,
the amplitude of the ECG signals from dry electrodes, didn’t show a significant change even during
increased motion. Figure 4.9 clearly shows an increase in the heart rate of the subject due to the
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increase in the subject’s motions and Fig. 4.10 shows the ECG signals of a female subject (age: 34
years old) with a BMI of 23.6.
Figure 4.9(g) and (h) corresponds to ECG signals of a subject recorded at different motion
levels using wet electrodes and dry electrodes, respectively. These graphs were used to calculate
the correlation coefficient of the ECG signals at different motion levels. When the subjects were
walking (95 bpm), the correlation coefficients of the signals measured using wet and dry electrodes
were calculated to be 0.95 ± 0.04 and 0.81 ± 0.05, respectively, when compared to the
corresponding signals in a relaxing position. When subjects increased their motion to jogging (130
bpm), the correlation coefficients of the signals from wet and dry electrodes were calculated to be
0.65 ± 0.07 and 0.62 ± 0.05. It can be concluded that for both wet and dry electrodes, the correlation
coefficients decreased with the increase in the subject’s motions from relaxing position to walking
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Figure 4.10. The effect of motion artifacts on the ECG signals (Female subject): (i) from wet electrodes:
(a) subject in a relaxed position (sitting idle), (b) subject walking (2 mph) (c) subject jogging (4 mph);
(ii) signal from dry electrodes (Ø 30 mm): (d) subject in a relaxed position (sitting idle), (e) subject
walking (2 mph) (f) subject jogging (4 mph).

110

and then jogging. In addition, both the dry and wet electrodes exhibited similar performance,
specifically at higher motion levels (jogging). Therefore, even though dry electrodes didn’t use
any kind of adhesive gel for measuring the ECG signals, they performed similar to conventional
wet electrodes. This demonstrates the feasibility of integrating the fabricated dry electrodes with
different types of wearables for continuous monitoring of the heart signals and can potentially
replace the wet electrodes.

4.3.3 Effect of Electrode Size
The effect of the electrode size on the ECG signal was also investigated. Figure 4.11(a, b,
c) shows the ECG signals obtained from wet and dry electrodes with 30 mm, and 15 mm diameters,
respectively. It was observed that the ECG signal characteristics became noisier and less

(a)

(b)

(c)

(d)

(e)

(Diameter of 30mm)

(Diameter of 15mm)

Figure 4.11. Effect of electrode size on the measured ECG signals using (a) standard wet electrodes and
(b) dry ECG electrodes with diameter of 30 mm (c) dry ECG electrodes with diameter of 15 mm; close
view of signals from wet and dry electrodes with diameter of (d) 30 mm and (e)15 mm.
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identifiable as the electrode’s diameter was decreased from 30 mm to 15 mm (Fig. 4.11(b, c)). In
addition, correlation coefficients were used to compare the ECG signals from the wet and dry
electrodes with different sizes. An average correlation of 0.85, and 0.70 was calculated for the dry
ECG electrodes with 30 mm and 15 mm diameters, respectively when compared to the wet
Ag/AgCl electrode (Fig. 4.11(d, e)). The results obtained demonstrated that a dry ECG electrode
with large area of 30 mm diameter has a better correlation coefficient and hence a better electrode
performance when compared to 15 mm dimeter electrode. This can be attributed to the skin
impedance response which is influenced by the area of the dry ECG electrodes and the fact that
the impedance of an electrode is inversely proportional to the electrode area [177-181]. In addition,
as shown in Fig. 4.12, motion artifacts exhibited more effect on the signals obtained from 15 mm
diameter electrodes in terms of ECG components, amplitude, noise, and signal baseline, when
(b)

2

0.8

0.8

1.6

0.6
0.4

0.2

Voltage (V)

1

Voltage (V)

Voltage (V)

(a)
1

0.6
0.4

1

2
3
Time (s)

4

5

0.8

0

0
0

1.2

0.4

0.2

0

(c)

0

1

2
3
Time (s)

4

5

0

1

2
3
Time (s)

4

Figure 4.12. The effect of motion artifacts on the ECG signals (dry electrodes in diameter of 15 mm):
(a) subject in a relaxed position (sitting idle- 65 bpm), (b) subject walking (85 bpm) (c) subject jogging
(120 bpm).

compared to responses of 30 mm dimeter electrodes (Fig. 4.9(e, f)).
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4.3.4 Effect of Temperature
The performance of the developed ECG device with dry electrodes was investigated under
the application of varying temperatures. A relative temperature and humidity sensor module
(HDC2022 from TEXAS Instruments) was attached to the body of the subject along with the ECG
electrodes for measuring the actual temperature and humidity of the body during the experiment
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Figure 4.13. The effect of temperature on the ECG signals (i) from wet electrodes and (ii) Dry
electrodes (Ø30 mm), when electrical heating pat temperature was set to: (a,e) off-room temperature
(Skin temp.≈ 32 ℃), (b,f) 110 F (Skin temp.≈ 36 ℃), (c,g) 130 F (Skin temp.≈ 40 ℃) and (d,h) ,150
F (Skin temp.≈ 43 ℃) and (iii) subject under test.
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(Fig. 4.13). Then the subject was made to wear an electric heating pad before performing the ECG
measurements and the temperature of the pad was controlled using the built-in controller pod. The
temperature settings were set up to temperatures of 110 ℉ (≈43 ℃), 130 ℉ (≈54 ℃), and 150 ℉
(≈65 ℃). Even though the heating pad temperature reached ≈43 ℃, ≈54 ℃, ≈65 ℃, the body
temperature only reached ≈36 ℃, ≈40 ℃, ≈43 ℃, (the corresponding humidities were 50 %RH,
41 %RH, 35 %RH, respectively). The ECG measurements from both the wet and dry electrodes at
different temperatures were recorded and shown in Fig. 4.13. It was observed that, the computed
SNR of the recorded signals from wet and dry electrodes reduced by 3% and 4%, respectively,
when temperature increased from room temperature (≈23 ℃ - skin temperature of ≈32 ℃) to 150
℉ (skin temperature of ≈43 ℃). The results demonstrated that ECG signals recorded using both
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electrodes remained stable when exposed to an increased temperature and the small variations can
be attributed to effect of thermal noise, which is directly proportional to the temperature.
A comparison table of some recently reported ECG devices along with the current work is
provided in Table 4.1. It is worth noting that the developed fabric based flexible ECG device with
the integrated circuit and wireless data transmission capabilities performs relatively better in terms
of SNR of ECG measurements under different conditions including variations in temperature.
Moreover, the relatively stable response of the developed ECG system to motion artifacts and
temperature effects can position this device on the top of many recently reported ECG devices.

Table 4.1. Summary of recently published research work on ECG devices.
Material

Substrate Conductivity

Type of
Wearable

Dry /Wet Connection./Display

SNR
(dB)

Motion Temp. &
Artifacts Humidity
Study
Studies

Size

Drawback

Ref.

Wet, Bulky

[140]

PEDOT:PSS

Fabric

230Ω/sq

Patch

Wet

Wires/ LabVIEW

16.3

Performed

-

Not portable

PEDOT:PSS

Commercial
paper

-

Not wearable

Dry

Wires/PC

11.01

-

-

5×1 cm

Not wearable, not
[141]
wireless

PEDOT:PSS

Textile

5 Ω/sq

T-shirt

Both

Wires/-

Temp.

8×2 cm

Not wireless, no
circuit was
[142]
developed

Silver covered by
Gel Sheets

PET

-

Patch

Wet

Wires/ high-speed
memory hicorder

-

-

-

≈ 2×2 cm

Carbon composite

PDMS

≈5 × 10-7 S
cm−1

Patch

Dry

Liquid-Metal
Interconnects/Wires/
Oscilloscope

-

-

Graphene woven
fabrics
(GWFs)

PDMS

-

Patch

Dry, with
Wires and USB/ PCadhesive
smartphone
tape

-

-

-

Cotton /nylon fiber
coated silver

Textile

2 Ω/10 cm

T-shirt

Dry

Wireless/smartphonelaptop

30.78

-

-

100×100
mm

Silver Paste

Ecoflex 0020

0.03Ω

Patch

Wet

Wireless/Smartphone

-

-

-

Ø 15 mm

MWCNTs/PDMS
Composite on
Silver

TPU on
Fabric

≈73,000 S m-1

T-shirt

Dry

Wireless/smartphonelaptop

23.1
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Dry:15.42
Performed
Wet:29.59

Humidity
4.8 × 4.8 cm
and strain
6×5
mm

Performed Performed Ø 30 mm

Gel-based,
not wireless

[143]

Not wireless

[144]

Rigid circuit,
adhesive tape

[145]

No study on the
[147]
circuit
Gel-based

[148]

Stretch test has to This
be done
work

4.4

Summary
A wearable fabric-based electrocardiogram (ECG) device was successfully fabricated on a

flexible platform for monitoring ECG signals. The ECG device consists of dry electrodes
(fabricated by depositing MWCNTs/PDMS composite on a conductive Ag layer) and a readout
module with wireless data transmission capability (designed and fabricated on a flexible polyimide
substrate). The ECG device was attached to fabric and the results demonstrated similar
performance in terms of signal intensity and correlation when compared to the conventional wet
ECG electrodes. SNR analysis clearly showed that dry electrodes (SNR of 23.1 dB) perform better
than the commercially available Ag/AgCl electrodes (SNR of 21.2 dB). In addition, the responses
of the fabricated dry electrodes were found to be identifiable in terms of ECG characteristic
components during motion (walking and jogging). This performance against the effect of motion
artifact, which has been the main challenge in monitoring and recording the heart signals, shows
the feasibility and potential practical applications of the fabricated fabric-based electrodes in
different types of wearables for continuous monitoring of heart signals. Future work is focused on
investigating the effect of washing and stretching (will be tested for varying applied strain levels)
of the fabric-based electrodes. In addition, the effect of humidity on the performance of the device
will also be investigated using an environmental chamber.
The next chapter discusses a project that involves the development of a flexible tunable
and compact microstrip antenna using laser patterning of copper film as a fast prototyping method.
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CHAPTER V
DEVELOPMENT OF A FLEXIBLE TUNABLE AND COMPACT
MICROSTRIP ANTENNA VIA LASER ASSISTED PATTERNING
OF COPPER FILM
5.1

Introduction
Antennas, which are the inseparable components of communication systems, are integrated

with different electronic circuitries. In modern communication systems, antennas are desired to be
adaptable to advancements in terms of bandwidth, dimensions, efficiency and fabrication
processes. Among the various types of antennas developed, microstrip antennas are the most
commonly used due to their planar structure, low profile, cost efficiency, and ease-of-use [182184]. Compact and wide-band structures using shorted pins, resistor or capacitor loads and slotted
patches have been used to overcome the large size and narrow-band frequency range of microstrip
antennas [185-190]. As wireless communication technologies are rapidly evolving, the demand
for rapid prototyping of antennas is also increasing [191-197]. Various antennas have been
fabricated on flexible polyimide and polymer platforms [198-201], using screen printing, inkjet
printing, and gravure printing processes, as well as on glass and lithium niobate using lithographybased processes [202-209]. These methods involve longer preparation and fabrication times as
well as the use of chemicals, along with high curing temperatures [210-217]. The drawbacks
associated with conventional fabrication processes can be overcome by using laser machining,
which has been used extensively for cutting various materials for different applications [218-220].
In this manufacturing process, the device electrodes are laser patterned, often on metallic tapes,
and attached to flexible platforms such as paper and polymer [221,222]. The development of novel
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antennas, which can be conformal to uneven surfaces, using laser machining will enable
advancements in wireless communication systems.
In recent years, the need for remote communication as well as non-contact data
transmission and identiﬁcation has been increasing due to the advancements in wearable
technologies [223, 224]. Microstrip antennas, which uses planar structures, are often integrated
with wearable sensors and circuitries [225]. However, conventional microstrip antennas often
consist of rigid materials for the radiating surface and dielectric substrate, and therefore have
limitations for application with wearable structures. Development of antennas using rapid
prototyping processes on ﬂexible and stretchable substrates can advance its use in a broad range
of wearable applications [226, 227].
Antenna performance and the electrical properties, including the resonant frequency,
bandwidth, gain, and radiation pattern are highly dependent on the geometry and effective
dimensions of the radiating surface and the ground plane. Therefore, applying any external factor
that is capable of changing the antenna geometry, causes a change in the antenna performance.
High sensitivity of the antennas’ frequency response to their geometry makes them as good
candidates to be used as sensing devices when the antenna geometry undergoes changes.
Compared to the rigid materials, flexible structures are more prone to change in their geometry
when exposed to external effects such as bending and stretching events. Thus, a major concern of
using flexible structures is to estimate the effect of such effects [228]. Since wearable applications
require the conformability, mechanical flexibility and stretchability for integrating electronics on
complete systems, mechanical characterization of the integrated flexible antennas is crucial to
understand the antenna performance under different bending and stretching conditions [229]. In
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other words, although the stretchable and flexible materials are highly desired to be used instead
of the conventional rigid materials, mechanical characterizations are important to predict the
antenna performance.
In this study, a tunable patch antenna is fabricated using rapid prototyping processes with
a flexible Kapton substrate as the dielectric layer as well as flexible copper tape for the radiating
surface and the ground plane. Laser machining is used to pattern the copper tapes in a meander
configuration for the radiating patch. The performance of the flexible and tunable patch antenna is
investigated by performing mechanical characterizations including bend and stretch tests.

5.2

Experimental

5.2.1 Materials
A flexible Kapton® polyimide substrate (500 HN - 5 mil) from Dupont was used as the
antenna dielectric layer. A commercially available flexible copper tape (CFT-2, 1.5 mil thick
conductive copper foil with 1.25 mil of acrylic based adhesive) from Bertech was used as a
radiating patch and ground plane of the antenna. A 1.5 mm thick clear tempered glass from Alibaba
company was used for leveling the antenna layers during laser patterning. A double-sided
polyimide tape (PPTDE-4) from Bertech was used to attach the antenna layers to the glass. An
edge-mount SMA connector (142-0761-841, 0.25 mm pin diameter) and a hand formable coaxial
cable (CCSMA-MM-086-5) from Mouser Electronics; were used for the antenna feed point
connections.
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5.2.2 Antenna Design

All units in mm

(a)

All units in mm

(b)

Figure 5.1. Schematic of the microstrip antenna: (a) top and (b) bottom plane.

The antenna is designed with an overall dimension of 46×65 mm (See “Appendix A” for
information on modeling the antenna). It consists of a radiating patch (32×38 mm), a strip line
(0.29×23 mm) and a ground plane (46×52 mm) in a defected ground structure (DGS) (Fig. 5.1(a,
b)). A regular rectangular shape based radiating patch should have a dimension of 90×110 mm for
operating at 900 MHz center frequency. In this work, the radiating patch was initially designed for
operating at 2.4 GHz center frequency, and then by using a meander configuration, including three
slots with a width of 1.27 mm (W) and varying lengths of 20.6 mm (L1), 18.6 mm (L2) and 18.5
mm (L3), the resonant frequency was decreased to 900 MHz This meander structure will increase
the effective length of the antenna without an increase in the overall size of the antenna. The
designed antenna was simulated in the high-frequency structure simulator: ANSYS HFSS.

5.2.3 Antenna Fabrication
The layers required for antenna fabrication and the detail steps is shown in Fig. 5.2(a) and
Fig. 5.S1 (See 5.4.1 “Supplementary Information” for fabrication steps of antenna). The antenna
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(a)

(c)

(b)

Figure 5.2. Antenna fabrication: (a) layers alignment (b) laser machining of the antenna structure and
(c) fabricated antenna.

was assembled by sandwiching a flexible Kapton substrate between two flexible conductive
copper tapes. The use of copper tape for the antenna fabrication enables the capability of tuning
the antenna response to achieve the exact simulated results (resonating at 900 MHz) and
eliminating the unavoidable differences between simulation and measurement outputs. The
Kapton substrate with copper tapes on either side was attached to a glass plate using double-sided
tape to obtain uniform laser patterning (Fig. 5.2(a) and Fig. 5.S1(c)). A Universal laser system
(PLS6MW) was used for machining the copper electrodes at a wavelength, power and speed of
1.06 µm, 48% and 8%, respectively, with a 40 W fiber laser (focal length 2.0”, spot size 0.005”
and depth of focus 0.1”) (Fig. 5.2(b)). The laser patterned microstrip antenna was then detached
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from the glass plate by removing the double-sided tape (Fig. 5.S1(e)) and the photograph of the
fabricated antenna is shown in Fig. 5.2(c).

5.2.4 Experiment Setup
5.2.4.1

Antenna Tuning

The experiment setup is shown in Fig. 5.3. The reflection coefficient of the fabricated
antenna was measured by connecting it to a network analyzer (Agilent 4396B), via a SMA/N
connection and a hand formable coaxial cable (See 5.4.2 “Supplementary Information”, Fig. 5.S2,
for SMA connection).

Peeling-Off of Copper Tape
Fabricated Antenna
SMA Connector
Hand formable Coaxial Cable
Kapton Substrate
Network Analyzer
Copper Tape

L

GPIB Connection

PC

Figure 5.3. Experiment setup for tuning the antenna by peeling-off copper tape for controlling the
resonant frequency.

Data collection was performed, using a PC with the LabVIEW™ program. The resonant
frequency of the flexible antenna was tuned by varying the L of the ground plane (Fig. 5.3). The
copper tape of the ground plane was manually peeled-off using a tweezer until the desired response
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(900 MHz resonant frequency) was achieved resulting in a DGS. After achieving the desired
frequency response, the peeled-off copper tape was cut from the DGS using Graphtec FC8600
Vinyl Cutter plotter.

5.2.4.2

Bend and Stretch Test

The change in resonant frequency of the fabricated flexible antenna towards mechanical
stress was investigated. The experiment setup for the bend test is shown in Fig. 5.4(a). The
fabricated antenna was placed between the fixed plate of a force gauge (M5-200) and a moving
plate, in a motorized test stand (Mark-10 ESM 301). The force gauge device was controlled
automatically using a custom-built Visual Studio C# program, which reduced the possible
undesired movements of the antenna device with SMA connection. The antenna response was
investigated towards mechanical bending along the x- axis (parallel with strip line) as well as yaxis (perpendicular to the strip line). In order to bend the antenna with different radii of curvature,
the force gauge was used to apply varying forces from 0 (no load) to 2 N, in steps of 0.4 N, and
was connected to the vertically movable platform of the test stand. The reflection coefficient (S11)
of the antenna was measured at the beginning and end of each experiment (notated as F1 and F2)
to compare the electrical characteristics as well as the stability of the antenna structure under flat
and bent configurations.
In terms of the radiating plane (radiating patch), a compressive stress will be experienced
when the antenna is bent from the top, whereas a tensile stress will be experienced during bending
from the back of the antenna. For both compressive and tensile bending, the radius of curvature
(R) was calculated for the bent antenna and the resonant frequency was recorded using a network
analyzer (Agilent 4396B). Based on the applied force, and thus the measured displacement (h) and
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angular change (α, β) in the position of the antenna (h, c, α, and β) (Fig. 5.4(b)), the radius of
curvature (R) can be calculated using Eq. (5.1) where α can be calculated based on the c and h
values.
𝑅=

ℎ
𝛼
2

(1−𝑐𝑜𝑠( ))

(5.1)

Compressive stress was applied by bending the antenna on the top along the x- axis (Fig.
5.4(c)) and along the y-axis (Fig. 5.4(e)). The tensile stress was applied by bending the antenna on
the back along the x- axis (Fig. 5.4(d)) and along the y-axis (Fig. 5.4(f)). The experiment setup for
the stretch test is shown in Fig. 5.4(g). In order to investigate the effect of mechanical stretch on
the fabricated antenna, it was placed between the fixed plate of the force gauge (M5-200) and the
moving plate, in the motorized test stand (Mark-10 ESM 301) along the y- axis (perpendicular to
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Bend Test

(a)
Compressive Bending (along x-axis)

(b)
Tensile Bending (along x-axis)

(c)

(d)

Compressive Bending (along y-axis) Tensile Bending (along y-axis)

(e)

L 0+∆L

(f)
F

L0 = 46mm

Stretch Test

Y

Z

X

(g)

F

Figure 5.4. Experiment process of bending and stretching the antenna: (a) force gauge device for
applying force, (b) curvature change during bending, (c) compressive bending along the x-axis (d)
tensile bending along the x-axis, (e) compressive bending along the y-axis (f) tensile bending along
the y-axis and (g) stretching the antenna along the y-axis.

the strip line). The antenna was stretched by increasing an applied force from 10 to 25 N in steps
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of 5 N in order to exert a total strain of 0.09%.

5.3

Results and Discussions

5.3.1 Antenna Simulation and Tuning
The simulation results demonstrated a decrease in the resonant frequency of the antenna
for increasing slot lengths and widths (Fig. 5.5). It was observed that by increasing the slot
dimensions, the resonant frequency of the conventional antenna (without slots) was reduced from
2.4 GHz to 900 MHz, for the antenna with three slots, and a fixed L = 13 mm, without an overall
increase in the antenna size. The approximate dimensions of the conventional patch antenna, for
operating at 900 MHz center frequency was 90×110 mm. Therefore, the antenna, with the radiating
patch of 38×32 mm, was compacted by 87%. due to the use of the slots.
The resonant frequency of the antenna can also be tuned by controlling the area of the nongrounded section (L), which in turn changes the coverage of the ground plane of the antenna.
Varying the L value of the DGS structure changes the total radiated energy and thus causes a
change in the quality factor of the microstrip antenna. Consequently, the variation in the quality
factor changes the resonant frequency of the antenna [182]. As shown in Fig. 5.6(a), the impact of
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Figure. 5.5. Simulation result for compacting the antenna, showing the effect of varying slots
dimensions (units in mm) on the reflection coefficient.
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variation in L on the radiated energy (and resonant frequency) was investigated. Initially, when L
= 0, the radiated energy from radiating plane was completely on the front side of the antenna.
When the L value was varied (for example, L = 13 mm) resulting in a DGS structure, caused a
backward radiated energy from the back side of the antenna in addition to the radiated energy on
the front side. Depending on the pattern and the position of the defecting structures, which affects
the surface current distribution and the quality factor of the antenna, the resonant frequency can
be either increased or decreased. The simulated results for the designed antenna showed an
increase in the resonant frequency of the antenna by decreasing the ground area (Fig. 5.6(a)). By
gradual peel-off of the copper tape during the measurement, resonant frequencies of 878 MHz,
883 MHz, 893 MHz, 900 MHz, 910 MHz and 918 MHz was obtained for the L of 0 mm, 10.5 mm,
11.5 mm, 12.5 mm, 14 mm and 16 mm, respectively (Fig. 5.6(b)). This corresponds to a 5 MHz,
15 MHz, 22 MHz, 32 MHz and 40 MHz frequency shift in the resonant frequency for L of 10.5
mm, 11.5 mm, 12.5 mm, 14 mm and 16 mm, respectively, when compared to the L of 0 mm.
Therefore, although the resonant frequency of 900 MHz was not achieved at the exact simulated
L = 13 mm, the ability to overcome this inevitable discrepancy was demonstrated by tuning the L
value to obtain the same antenna response (at L = 12.5 mm), without repeating the fabrication
process. The results obtained thus demonstrate the capability of using laser machining for the
fabrication of tunable and flexible microstrip antennas. By designing the antenna with the meander
slots on the radiating patch and the DGS for the ground plane, the flexibility for tuning the antenna
response during the experimental measurements to attain the exact simulated values was
demonstrated.
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Figure 5.6. Tuning the antenna by changing the ground plane coverage (a) simulated results (b)
measurement results.

5.3.2 Compressive Bend Test
The resonant frequency of the antenna during bending from the top of the antenna was
measured. The response of the antenna towards compressive stress is shown in Fig. 5.7. An
increasing resonant frequency shift of 15 MHz, 18 MHz, 20 MHz, 25 MHz, and 28 MHz, from the
initial resonant frequency of 900 MHz, was observed as the antenna was bent along the x- axis on
the top for R of 654 mm, 253 mm, 189 mm, 116 mm, and 86 mm, respectively (Fig. 5.7(a)).
Similarly, for the R of 997 mm, 460 mm, 236 mm, 200 mm, and 150 mm, a resonant frequency
shift of 5 MHz, 7 MHz, 7 MHz, 10 MHz, and 12 MHz, from the initial resonant frequency of 900
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MHz, was observed as the antenna was bent along the y- axis on the top (Fig. 5.7(b)). By
decreasing the radius of curvature, an increasing compressive stress was applied to the radiating
patch surface, which causes a small decrease in the surface area as well as the length of the
designed meander lines. Therefore, an overall resonant frequency increase of 3.1% and 1.3% was
obtained for compressive bending of the antenna along the x-axis and y-axis, respectively.
Relatively larger R was calculated for the bent antenna in the y-axis, since it was larger in length
(65 mm) when compared to the width (46 mm). Therefore, the larger R in the y-axis applies a
smaller tension on the antenna, which attributes to a relatively smaller change in resonant
frequency of the antenna. Similarly, the smaller R implies a larger tension on the antenna that can
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be attributed to a relatively larger change in the antenna resonant frequency. However, it should
be noted that for the small values of R such that the half circumference of the curvature (π × R) is
smaller than the dimensions of the antenna (46 mm when bending along x-axis and 65 mm when
bending along y-axis), then the bent area of antenna in front of the radiating patch acts as a barrier
and disrupts the operation of the antenna.

5.3.3 Tensile Bend Test
The resonant frequency of the antenna when bending from the back of the antenna was also
measured. The response of the antenna towards tensile stress is shown in Fig. 5.8. An increasing
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Figure 5.7. Resonant frequency shift of the antenna during the compressive bending (a) along the
x-axis and (b) along the y-axis.
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Figure 5.8. Resonant frequency shift of the antenna during the tensile bending (a) along the x-axis
and (b) along the y-axis.

resonant frequency shift of 30 MHz, 33 MHz, 35 MHz, 38 MHz, and 38 MHz, from the initial
resonant frequency of 900 MHz, was observed as the antenna was bent along the x- axis on the
back for R of 595 mm, 235 mm, 179 mm, 106 mm, and 79 mm, respectively (Fig. 5.8(a)).
However, the antenna did not show a considerable frequency shift in the resonant frequency for
the larger R of 1125 mm, 504 mm, 321 mm, 246 mm, and 162 mm, as the antenna was bent along
the y-axis on the back (Fig. 5.8(b)). By decreasing the radius of curvature, an increasing tensile
stress was applied to the radiating patch surface, which causes a small increase in the surface area
as well as the length of the designed meander lines. By increasing the effective overall radiating
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surface area, the resonant frequency tends to decrease, which is considered as compacting the
antenna. Therefore, an overall resonant frequency decrease of 4.2% and 0.3% was obtained for
tensile bending of the antenna along the x-axis and y-axis, respectively.

5.3.4 Stretch Test
The response of the antenna towards stretch test in the y- axis is shown in Fig. 5.9.
Stretching the antenna along the y- axis causes an overall increase in the effective surface area of
the radiating patch, specifically in the length of the designed meander slots. Simulation results
have demonstrated that the length of the meander slots affects the resonant frequency of the
antenna, as shown in Fig. 5.5. By increasing the length of the meander slots, the resonant frequency
tends to decrease due to an increase in the effective surface area and thus increasing the traveling
distance of the surface current on the radiating patch. It was observed that for the measured
elongation of 20 µm, 40 µm along the y- axis, the resonant frequency decreased with a frequency
shift of 5 MHz and 8 MHz, respectively. The resonant frequency then remained constant for the
measured elongation of 60 µm and 120 µm along the y- axis. The results demonstrated an overall
resonant frequency decrease of 0.9% for an applied strain of 0.09% (Fig. 5.10). Due to the presence
of the SMA connector in the antenna feed point, however, stretching the antenna along the x- axis
was not possible.
Additionally, the strain distribution on the copper tape of the antenna structure was also
investigated (Fig. 5.S3 and Fig. 5.S4, See 5.4.3-5 “Supplementary Information”). A maximum
stress of 2.90 MPa was calculated for the antenna structure at the maximum applied force of 25 N
using Eq. (5.S1) and Eq. (5.S2). This is well below the total applied stress of 8.50 MPa to antenna,
calculated for the stress distribution at an optimal strain of 0.002 within the linear region, using
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Figure 5.9. Resonant frequency shift of the antenna during stretching the antenna along the y-axis.
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Figure 5.10. Resonant frequency shift versus strain for stretching the antenna along the y-axis.

Eq. (5.S4). This implies that the copper tape is still in its linear region without any crack or being
internally affected.

5.3.5 Stability Test
An average adhesion strength of ≈ 0.5 N/mm was measured for peeling off the copper tape
from Kapton substrate using T-peel test performed with Instron 430I tester based on ASTM D1876
as illustrated in Fig. 5.S5 (See 5.4.6 “Supplementary Information”). The total force applied to the
antenna structure during bending tests is 2 N which is well below the peeling force (by considering
the total dimensions of the antenna), and this implies that the copper tape has strong adhesion and
is intact with the Kapton substrate during the bend tests. In addition, it was observed that the
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reflection coefficient (S11)/resonant frequency of the antenna, with and without mechanical stress
(notated as F1 and F2 in Fig. 5.7 and 5.8), remains the same implying that the copper tapes were
intact with the Kapton substrate, and the antenna structure was stable during the bending tests.
The maximum applied force during the stretch test was 25 N, which corresponds to a strain
of 0.26%. This force is much greater than 15.1 N, which corresponds to a strain of 0.09% and
measured average adhesion strength of ≈ 0.5 N/mm for peeling off the copper tape from Kapton
substrate (Fig. 5.S5). Therefore, during the stretch test, the dynamic shear at any force over 15.1
N (0.09%) might cause either cohesive or adhesive failure on the copper tape/Kapton bond.
However, the cohesive bonding between copper tape molecules is unlikely to be affected since it
was observed that the frequency response of the antenna, with and without applied mechanical
stress, remains the same during the stretch test. Therefore, due to the adhesive failure, the antenna
response saturates after 0.09% strain, as illustrated in Fig. 5.9 and Fig. 5.10.
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5.4

Supplementary Information

5.4.1 Fabrication Steps of Antenna

(a)

(b)

(c)

(d)

(e)

(f)

Figure 5.S1. Fabrication steps of the microstrip antenna.

5.4.2 SMA Connection
Initially, the two top grounding legs of the SMA connector were connected to the copper
SMA pads (with dimensions of 3×5 mm) on top plane of the fabricated antenna and the center
contact pin of the SMA connector was attached to the feed line (strip line) of radiative patch using
a conventional soldering process (Fig. 5.S2(a)). Then, the bottom grounding leg of the SMA
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Figure 5.S2. SMA connection on the microstrip antenna: (a) top side and (b) bottom side.

connector was attached to the ground plane using a soldering process (Fig. 5.S2(b)). The antenna
was connected to the network analyzer using a hand formable coaxial cable. The use of the
formable coaxial cable with 100% outer tin-soaked copper braid reduces the external
electromagnetic interference (EMI) and also shifts the weight of the SMA connector to the cable
instead of the flexible antenna (Fig. 5.3).

5.4.3 Stretchability of the Kapton Polyimide Substrate
According to the Kapton 500 HN datasheet, the tensile modulus of the 5 mil Kapton
substrate is 2.76 GPa at the temperature of 23 °C. For the forces of 10 N, 15 N, 20 N and 25 N
applied to the Kapton substrate (with dimensions of 46 × 32 × 0.127 mm) during the stretch test,
elongated lengths of 41.01 µm, 61.52 µm, 82.02 µm and 102.53 µm was mathematically
calculated for the Kapton substrate using Eq. (5.S1) and Eq. (5.S2), respectively.
𝐹

𝑆𝑡𝑟𝑒𝑠𝑠 (𝜎) = 𝐴 (Pa)
𝑆𝑡𝑟𝑎𝑖𝑛 (𝜀) =
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∆𝐿
𝐿0

(5.S1)
(5.S2)

Where F, A, ΔL, and L0 are the applied force, cross-section area (32× 0.127 mm), elongated length,
and the initial length of Kapton substrate (46 mm), respectively. This implies that the Kapton can
be elongated up to ≈100 µm for an applied force of 25 N.
5.4.4 Strain Distribution across Copper Tape on the Kapton Substrate
The strain distribution across the copper tape, attached via its adhesive layer, on the Kapton
substrate was investigated using an Instron 430I tester. A strip of 8×30 mm copper tape was
attached on a Kapton substrate with dimensions of 8×220 mm. The test sample was then placed
between the grips of the Instron 430I tester with a separation gap of 100 mm. After that, at a speed
of 50 mm/min the composite film was stretched (Fig. 5.S3(a(i-vi))). The same experiment was
repeated for a bare Kapton substrate with dimensions of 8×220 mm (Fig. 5.S3(b(i-vi))). An
adhesion force load of 4 gr/mm (0.04 N./mm) was calculated, using Eq. (5.S3), for the adhesive
interface between the strain curves where the copper tape delamination started (Fig. 5.S3(a(ii)))
and completed (Fig. S3(a(v))) [230]. It was observed that the force required for obtaining similar
strain for the Kapton substrate with the copper tape, is higher when compared to the bare Kapton
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substrate (Fig. 5.S3(c)). The higher force can be attributed to the stress that is required to
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Figure 5.S3. Strain distribution on composite film: (a) Copper tape/Kapton substrate
delamination progress until break point (b) Kapton substrate elongation progress until break point and
(c) Force vs strain curves for copper tape/Kapton (blue) and Kapton (red).
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delaminate the copper tape.
𝐴𝑑ℎ𝑒𝑠𝑖𝑜𝑛 𝐹𝑜𝑟𝑐𝑒 =

1
𝑏0

𝐵

∫𝐴 [𝐹𝐶/𝐾 (𝜖)

𝐹𝐾 (𝜖)] 𝑑𝜀

(5.S3)

Where, b0 is the composite film width (8 mm), and F is the applied load to the composite film
(FC/K)/Kapton substrate (FK), respectively.
5.4.5 Strain Distribution across Copper Tape on the Kapton Substrate
Similarly, the Instron 430I tester was used to investigate the strain distribution of a bare copper
tape. From the results, a Young’s modulus of 6.00±0.05GPa was calculated for the copper tape
based on the stress/strain curve, using the Hooke’s law (E = σ/ε) in the linear region (Fig. 5.S4).
From the Young’s modulus values for both Kapton substrate (2.76 GPa) and copper tape
(≈ 6.00 GPa), a maximum total stress of ≈ 8.50 MPa was then calculated for the antenna structure
(copper tape/Kapton/copper tape) at an optimal strain of 0.002 within the linear region using Eq.
(5.S4), where the subscripts denote the substrate with the thickness of t and the applied stress of σ,
respectively.
σtotal . (2tcopper + tKapton) = σcopper . 2tcopper + σKapton . tKapton

(5.S4)

However, it is worth noting that the maximum stress caused by the maximum applied force of 25
N on the antenna structure during the stretch test was 2.90 MPa (using Eq. (5.S1)). This implies
that the copper tape is still in its linear region without any cracks or being internally affected.

139

50000

Break point

Stress (kPa)

40000

Linear threshold
30000

20000

10000

0
0

1

2

3

4

5

6

7

Strain

Fitted Line Plot
Stress (kPa) = 6,056,190 * ‘Strain’

Stress (kPa)

E (Young’s Modulus) ≈ 6 GPa

0

0.0005

0.0010

0.0015

0.0020

0.0025

0.003

Strain

Figure 5.S4. Copper tape stress vs strain curve and the linear region for performing the Hook’s law.

5.4.6 Stability Test
The stability or robustness of the antenna structure on Kapton substrate was investigated
by performing a T-peel test based on ASTM D1876 using an Instron 430I tester. In this method,
the peel separation strength of the flexible copper tape and Kapton substrate was measured. A strip
of copper tape and Kapton substrate were attached together and was then placed between the grips
of the Instron 430I tester as shown in Fig. 5.S5(a). One end of the Kapton substrate was held
between the stationary bottom grips and the copper tape was held between the top moving grips in
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a T-shape structure. At a speed of 254 mm/min, an average adhesion strength of
0.496 ± 0.007 N/mm was measured for peeling off 175 mm (peel extension of 350 mm) of the
copper tape from Kapton substrate as illustrated in Fig. 5.S5(b).

Moving grips
Copper tape

1 in

Kapton substrate
Stationary grips

(a)
20.0

Load (N)

16.0
12.0
8.0

Average
load
ofof≈0.5
N/mm)
measured
Average
load
12.6
N/in measured
between 50 and 400 mm peel extension

4.0
0.0

0

50

100

150

200

250

300

350

400

450

500

Peel Extension (mm)

(b)
Figure 5.S5. Peeling copper tape from Kapton substrate: (a) T- Peel experiment setup and (b) load
vs peel extension.

5.5

Summary
In this study, a compact flexible patch antenna with an overall dimension of 65 × 46 ×

0.127 mm was demonstrated on a flexible Kapton dielectric layer with an attachment of copper
tape for the conductive radiating surface and the ground plane. The antenna was compacted by
87%, compared to its regular size, by designing a meander configuration for the radiating patch so
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that the operating frequency was decreased from 2.4 GHz to 900 MHz, without an increase in the
overall antenna size. Copper tape was used to enable a tunable antenna and thus reducing the
differences between the simulation and measurement results. A laser machining process, as a fast
and accurate fabrication method, was used for patterning the copper tape. In order to predict the
antenna performance for practical applications, the mechanical characteristics of the antenna were
investigated by stretching and bending the antenna in different directions. The effect of mechanical
stress on the antenna performance was investigated by performing bend tests along both x- axis
and y- axis. The resonant frequency of the antenna increased by 3.1% and 1.3% when it was
subjected to compressive bend with a minimum radius of curvature of 86 mm and 150 mm along
the x- axis and y- axis, respectively. However, a resonant frequency decrease of 4.2% and 0.3%
was measured when the antenna was subjected to tensile bend with a minimum radius of curvature
of 79 mm and 162 mm along the x- axis and y- axis, respectively. The difference in the radius of
curvature and thus the resonant frequency shift for compressive and tensile bending was due to the
different patterning and coverage of the copper tape on the top and bottom planes of the antenna.
During stretching the antenna along the y- axis, an overall decrease of 0.9% in the resonant
frequency was measured for an applied strain of 0.09%. The results demonstrated the feasibility
of the fabricated antenna to sense various mechanical stresses, including bending and stretching.
Future work is underway to further develop the fabricated antenna as a wideband/multiband
antenna system using slotted ground plane structures, shorted patch or integrating
resistor/capacitor-based loads in the thickness of the antenna through laser cut pins. This system
could provide wider sensing coverage and higher resolutions required for studying the surface
integrity in asset monitoring applications.
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In the next chapter, the author concludes all three projects and provides some suggestions
for the future work.
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CHAPTER VI
CONCLUSION AND FUTURE WORK
6.1. Conclusion
In the course of this doctoral study, the author has successfully demonstrated the design,
fabrication, and testing of flexible sensors and structures that can be integrated into wearables for
smart health monitoring applications. The author from Center for Advanced Smart Sensors and
Structures (CASSS) at Western Michigan University has designed the sensor devices as flexible
and conformal structures with high sensitivity. CASSS laboratory is a pioneer in the field of
flexible and printed electronics [231-326]. Several mechanical test standards have been employed
for validating the durability of the flexible structures to reflect the mechanical tensions that are
expected to be experienced during the attachment of the sensor to the curvilinear surfaces of the
human body or clothing. This dissertation work has been accomplished in three projects and the
results obtained through the research work for each of these projects are listed below:
In the first research project, a novel porous polydimethylsiloxane (PDMS) based capacitive
pressure sensor was fabricated by optimizing the dielectric layer porosity for wide-range pressure
sensing applications in the sports field. The pressure sensor consists of a porous PDMS dielectric
layer and two fabric-based conductive electrodes. The porous PDMS dielectric layer was
fabricated by introducing nitric acid (HNO3) into a mixture of PDMS and sodium bicarbonate
(NaHCO3) to facilitate the liberation of carbon dioxide (CO2) gas, which induces the creation of
porous microstructures within the PDMS dielectric layer. Nine different pressure sensors (PS1,
PS2, … PS9) were fabricated in which the porosity (pore size, thickness) and dielectric constant
of the PDMS dielectric layers were varied by changing the curing temperature, the mixing
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proportions of HNO3/PDMS concentration, and the PDMS mixing ratio. The response of the
fabricated pressure sensors was investigated for the applied pressures ranging from 0 to 1000 kPa.
Relative capacitance changes of ~100%, ~323%, and ~485% were obtained by increasing the
curing temperature from 110 ℃ to 140 ℃ to 170 ℃. Similarly, relative capacitance changes of
~170%, ~282%, and ~323% were obtained by increasing the HNO3/PDMS concentration from
10% to 15% to 20%, respectively. In addition, relative capacitance changes of ~94%, ~323%, and
~460% were obtained by increasing the PDMS elastomer base/curing agent ratio from 5:1 to 10:1
to 15:1. From the results, it was observed that the pressure sensor with dielectric layers prepared
at relatively higher curing temperatures, higher HNO3 concentration, and higher PDMS ratio
resulted in increased porosity and provided the highest sensitivity. As an application demonstrator,
a wearable fit cap was developed using an array of 16 pressure sensors for measuring and mapping
the applied pressures on a player’s head while wearing a helmet. The pressure mapping aids in
observing and understanding the proper fit of the helmet in sports applications.
In the second research project, a flexible wireless electrocardiogram (ECG) device,
integrated with fabric was fabricated for monitoring physiological signals in wearable biomedical
applications. The ECG device consists of dry electrodes and a readout module. The dry electrode
was fabricated by depositing a multi-walled carbon nanotube (MWCNTs)/polydimethylsiloxane
(PDMS) composite on a thermoplastic polyurethane (TPU) substrate with a screen-printed silver
(Ag) layer. The readout module with wireless data transmission capability was designed and
fabricated on a flexible polyimide substrate. The ECG device was attached to fabric, and its
performance was investigated by measuring the ECG signals and comparing them with the results
of conventional wet Ag/AgCl electrode. It was observed that the device demonstrated similar
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performance in terms of signal intensity and correlation when compared to the conventional wet
ECG electrodes. Signal-to-noise-ratio (SNR) analysis clearly showed that the dry electrodes with
an average SNR of 23.1 dB, perform better than the commercially available Ag/AgCl electrodes
(SNR of 21.2 dB). In addition, the capability of the fabric based dry electrodes to measure ECG
signals during physiological activities under exercise motions was studied. This enabled
understanding the effect of motion artifacts on the dry electrode response and allowed comparing
the obtained ECG signals with the responses of conventional wet ECG electrodes (subjected to
similar conditions). It was observed that, even though dry electrodes didn’t use any kind of
adhesive gel for measuring the ECG signals, they performed very similar to conventional wet
electrodes. The results obtained clearly demonstrated the feasibility of employing fabric based
flexible dry ECG electrodes for continuous monitoring of ECG signals in health care applications
and that dry ECG electrodes can potentially replace wet electrodes.
In the third research project, the design and rapid prototyping of a tunable and compact
microstrip antenna for industrial, scientific and medical (ISM) band applications was completed.
Laser machining is introduced as a fast and accurate method for the antenna fabrication. The
antenna, with an overall dimension of 65 × 46 × 0.127 mm, was fabricated by sandwiching a
flexible Kapton polyimide substrate, with a dielectric constant of 3.5, between two flexible copper
tapes, as the radiating patch and ground plane, respectively. The radiating patch was patterned in
a meander configuration, with three slots, demonstrating the capability to reduce the resonant
frequency of the microstrip antenna from 2.4 GHz to 900 MHz, without increasing the overall size
of the antenna (87% compact). The effect of mechanical stress on the antenna performance was
investigated by performing bend and stretch tests. The antenna was subjected to compressive bend
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with a minimum radius of curvature of 86 mm and 150 mm along the x- axis and y- axis which
resulted in a maximum increase of resonant frequency by 3.1% and 1.3%, respectively. Similarly,
the antenna was subjected to tensile bend with a minimum radius of curvature of 79 mm and
162 mm along the x- axis and y- axis which resulted in a maximum decrease of the resonant
frequency by 4.2% and 0.3%, respectively. An overall 0.9% decrease in the resonant frequency
was measured for an applied strain of 0.09% during stretching the antenna along the y- axis.

6.2. Future Work
Based on the results obtained and the experience gained during the course of this
dissertation, the author believes that this work still has the scope to be expanded to understand the
operating conditions of the devices and optimize the functionality. For each project there are a few
suggestions that can be addressed in the future as indicated below:
Highly Sensitive Porous PDMS-Based Capacitive Pressure Sensors Fabricated on Fabric
Platform for Wearable Applications
•

Investigating the effect of humidity and temperature variations on the performance of the
pressure sensors.

•

Increasing the sensors’ shear sensitivity and designing a 3-axis pressure sensor.

•

Investigating the effect of adding conductive nanoparticles to the porous PDMS layer and
examining the piezoresistive properties of the active layer.

•

Expanding the use of the fabric-based pressure sensors for other wearable applications such
integration to a shoe insole for gait monitoring, especially for diabetic people.

Development of a Flexible Wireless ECG Monitoring Device with Dry Fabric Electrodes
for Wearable Applications
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•

Investigating the durability of the electrodes when subjected to washing.

•

Investigating the performance of the dry electrodes under the application of stretch events
for varying applied strain levels and considering the effect of different subjects’ sizes.

•

Adding more electrodes to the current ECG system and establishing the measurement of
standard 12-lead ECG waveforms using appropriate electrode positioning to achieve more
detailed information about the heart activity for a more advanced heart disease diagnosis.

•

The effect of humidity and temperature on the dry electrodes can be investigated using an
environmental chamber and quantified by measuring its sheet resistance and conductivity.

Development of a Flexible Tunable and Compact Microstrip Antenna via Laser Assisted
Patterning of Copper Film
•

Improving the antenna bandwidth and optimizing it to a wideband/multiband antenna
system

using

slotted ground plane structures,

shorted patch

or integrating

resistor/capacitor-based loads along the thickness of the antenna through laser cut pins.
•

Expanding the use of the antenna for strain measurements in asset monitoring and structural
health monitoring applications.

•

Measuring the gain and the radiation pattern of the antenna in an anechoic chamber where
the test antenna is placed as a receiving antenna illuminated by a source antenna with a
frequency swept RF signal in different angles (-π/2<θ<π/2, 0<ɸ<2π).
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hydrogen carbonate and textural features of its calcines,”. Ind. Eng. Chem. Res. 2013, 52,
10619−10626.
[126] M. Panahi et al., “Investigation of temperature effect on the porosity of a fabric based
porous capacitive pressure sensor,” IEEE International Conference on Flexible and Printable
Sensors and Systems (FLEPS), 2020, pp. 1-4, DOI: 10.1109/FLEPS49123.2020.9239439.
[127] Information about Dow Corning brand Silicone Encapsulants, Silicones and Electronics
[Online],

http://www.lindberg-lund.fi/files/Tekniske%20datablad/DC-255-TD.pdf,

Dow

Corning, USA, (accessed Dec. 31, 2020).
[128] Scott, A, H. Effect of Pressure on the Dielectric Constant, Power Factor, and Conductivity
of Rubber-Sulfur Compounds, Rubber Chemistry and Technology (1936), 9 (3), 449–467.
[129] Johnston, I. D.; McCluskey D. K.; Tan, C. K. L.; Tracey, M. C.; Mechanical
Characterization of Bulk Sylgard 184 for Microfluidics and Microengineering. J. Micromech.
Microeng. 2014, 24, 035017, DOI:10.1088/0960-1317/24/3/035017.

164

[130] D. Mozaffarian et al., “Executive summary: Heart disease and stroke statistics—2015
Update,” J. Am. Heart Assoc., vol. 4, pp. 434-442, 2015.
[131] J. N.Froning, V. F. Froelicher, “Computerized exercise ECG testing and measurement for
optimizing the prediction of coronary artery disease,” in 1992 IEEE Conference on Computers
in Cardiology, 1992, DOI: 10.1109/CIC.1992.269438
[132] A. A. Chlaihawi, B. B. Narakathu, S. Emamian, B. J. Bazuin, M. Z. Atashbar
“Development of printed and flexible dry ECG electrodes,” Sensing and bio-sensing research,
vol. 20, pp. 9-15, 2018.
[133] A. A. Chlaihawi et al., “Development of flexible dry ECG electrodes based on
MWCNT/PDMS composite,” Proc. of IEEE SENSORS, Busan, 2015, pp. 1-4, DOI:
10.1109/ICSENS.2015.7370218.
[134] A. A. Chlaihawi, B. B. Narakathu, A. Eshkeiti, S. Emamian, S. G. R. Avuthu and M. Z.
Atashbar, “Screen printed MWCNT/PDMS based dry electrode sensor for electrocardiogram
(ECG) measurements,” 2015 IEEE International Conference on Electro/Information
Technology (EIT), pp. 526-529, 2015, DOI: 10.1109/EIT.2015.7293392.
[135] J. Webster, Medical Instrumentation: Application and Design, 4th ed. New York, NY,
USA: Wiley, 2009, pp. 196–198.
[136] B. TAJI, S. Shirmohammadi, V. Groza and I. Batkin, “Impact of Skin–Electrode Interface
on Electrocardiogram Measurements Using Conductive Textile Electrodes,” IEEE
Transactions on Instrumentation and Measurement, VOL. 63, NO. 6, pp. 1412-1422, 2014.
[137] Biological evaluation of medical devices -- Part 10: Tests for irritation and skin
sensitization, ISO 10993-10, 2016
165

[138] FDA requirements for ECG electrodes, 21 CFR 870.2360 class II, 2016
[139] M. A. Yokus and J. S. Jur, “Fabric-Based Wearable Dry Electrodes for Body Surface
Biopotential Recording,” in IEEE Transactions on Biomedical Engineering, vol. 63, no. 2, pp.
423-430, 2016.
[140] S. Takamatsu, T. Lonjaret, D. Crisp, J.-M. Badier,.G. G Malliaras and E. Ismailova, “Direct
Patterning of Organic Conductors on Knitted Textiles for Long-Term Electrocardiography”.
Sci. Rep. 2015, 5, 15003.
[141] E. Bihar, T. Roberts, M. Saadaoui, T. Herve, J. B. De Graaf and G. G. Malliaras, InkjetPrinted PEDOT: PSS Electrodes on Paper for Electrocardiography. Adv. Healthcare Mater., 6,
1601167, 2017.
[142] S. K. Sinha et al., “Screen-printed PEDOT:PSS electrodes on commercial finished textiles
for electrocardiography,” ACS Appl. Mater. Interfaces, 9, 37524−37528, 2017.
[143] S. Hozumi, S. Honda, T. Arie, S. Akita and K. Takei, “Multimodal Wearable Sensor Sheet
for Health-Related Chemical and Physical Monitoring,” ACS Sensors, vol. 6 (5), pp. 19181924, 2021.
[144] Y. Li et. al., “A Stretchable-hybrid low-power monolithic ECG patch with microfluidic
liquid-metal interconnects and stretchable carbon-black nanocomposite electrodes for
wearable heart monitoring,” Adv. Electron. Mater., 5, 1800463, 2019.
[145] T. Yang et al., “A wearable and highly sensitive graphene strain sensor for precise homebased pulse wave monitoring,” ACS Sens., 2, 967−974, 2017.

166

[146] H. S. Jahromi and A. Setoodeh, “Longitudinal, transverse, and torsional free vibrational
and mechanical behavior of silicon nanotubes using an atomistic model,” Materials Research,
23(2): 20200075, 2020.
[147] W. Wu, S. Pirbhulal, A. K. Sangaiah, S. C. Mukhopadhyay, G. Li, “Optimization of signal
quality over comfortability of textile electrodes for ECG monitoring in fog computing based
medical applications,” Future Generation Computer Systems, vol. 86, pp. 515-526, 2018.
[148] M. Takaya et. al., “Transformable electrocardiograph using robust liquid−solid
heteroconnector,” ACS Sensors, 6 (1), pp. 212-219, 2021.
[149] U. Satija, . B. Ramkumar, and M. Sabarimalai Manikandan, “A new automated signal
quality-aware ecg beat classification method for unsupervised ECG diagnosis environments”
IEEE Sensors Journal, vol. 19, pp. 277 - 286, 2019.
[150] D. Maddipatla, F. Aljanabi, B.B. Narakathu, M.M. Ali, V.S. Turkani, B.J. Bazuin, P.D.
Fleming, M.Z. Atashbar, “Development of a novel printed and flexible surface enhanced
Raman spectroscopy (SERS) substrate for drug detection applications”, Sensing and Biosensing Research, vol. 24, pp. 100281, 2019.
[151] M. Z. Atashbar, D. Banerji, S. Singamaneni, V. Bliznyuk, “Polystyrene palladium
nanocomposite for hydrogen sensing,” Molecular Crystals and Liquid Crystals, vol. 427(1),
pp. 217-529, 2005. DOI: 10.1080/15421400590892299.
[152] D. Birchfield, X. Jackson, T. Pasternak, T. A. J. Hanson, M. Z. Atashbar, “Strain sensor
fabrication by means of laser carbonization,” Proc. of IEEE International Conference on
Flexible

and

Printable

Sensors

and

Systems

10.1109/FLEPS.2019.8792290
167

(FLEPS),

pp.

1-3,

2019,

DOI:

[153] M. Ochoa et al., “A manufacturable smart dressing with oxygen delivery and sensing
capability for chronic wound management,” In Micro-and Nanotechnology Sensors, Systems,
and Applications X, vol. 10639, p. 106391C. International Society for Optics and Photonics,
2018, https://doi.org/10.1117/12.2306083.
[154] A. K. Bose, D. Maddipatla, B. B. Narakathu, B. J. Bazuin and M. Z. Atashbar, "LaserAssisted Patterning of a Flexible Microplasma Discharge Device for Heavy Metal and Salt
Detection in Ambient Air," IEEE International Conference on Flexible and Printable Sensors
and Systems (FLEPS), pp. 1-3, 2019. DOI: 10.1109/FLEPS.2019.8792243.
[155] A. Eshkeiti et al. “A stretchable and wearable printed sensor for human body motion
monitoring,”

Proc.

of

IEEE

SENSORS,

Busan,

pp.

1-4,

2015,

DOI:

10.1109/ICSENS.2015.7370412.
[156] M. Z. Atashbar, B. Bejcek, S. Singamaneni, and S. Santucci, “Carbon nanotube based
biosensors,” Proc. of IEEE Sensors, Austria, vol. 2, pp. 1048–1051, 2004, DOI:
10.1109/ICSENS.2004.1426354.
[157] D. Maddipatla et al. “Rapid prototyping of a novel and flexible paper based oxygen sensing
patch via additive inkjet printing process” RSC Adv., 9, pp. 22695-22704, 2019, DOI:
10.1039/C9RA02883H.
[158] V. Palaniappan et al., “Laser-assisted fabrication of a highly sensitive and flexible micro
pyramid-structured pressure sensor for E-skin applications,” in IEEE Sensors Journal, vol.
20(14), pp. 7605-7613, 15 July15, 2020, DOI: 10.1109/JSEN.2020.2989146.

168

[159] J. I. Rodriguez-Labra, B. B. Narakathu and M. Z. Atashbar, “Development of a wireless
robotic arm control system using piezoelectric sensors and neural networks,” Proc. of IEEE
SENSORS, Canada, pp. 1-4, 2019, DOI: 10.1109/SENSORS43011.2019.8956669.
[160] S. Masihi et al., “A novel printed fabric based porous capacitive pressure sensor for flexible
electronic applications,” Proc. of IEEE SENSORS, Canada, pp. 1-4, 2019, DOI:
10.1109/SENSORS43011.2019.8956672.
[161] D. A. Alsaid, E. Rebrosova, M. Joyce, M. Rebros, M. Atashbar and B. Bazuin, “Gravure
printing of ITO transparent electrodes for applications in flexible electronics”, in Journal of
Display Technology, vol. 8(7), pp. 391-396, 2012, DOI: 10.1109/JDT.2012.2191765.
[162] M.M. Ali et al., “Printed strain sensor based on silver nanowire/silver flake composite on
flexible and stretchable TPU substrate,” Sens. and Act A: Phys. 274, pp. 109-115, 2018.
[163] S. Emamian, B. B. Narakathu, A. A. Chlaihawi, M. Z. Atashbar, “Fabrication and
characterization of piezoelectric paper based device for touch and force sensing applications,”
Procedia engineering, vol. 168, pp. 688-691, 2016.
[164] S. Emamian et al., “Fully printed and flexible piezoelectric based touch sensitive skin,”
Proc. of IEEE SENSORS, Busan, pp. 1-4, 2015, DOI: 10.1109/ICSENS.2015.7370651.
[165] M. Z. Atashbar, W. Wlodarski, “Design, simulation and fabrication of doped TiO2-coated
surface acoustic wave oxygen sensor,” Journal of intelligent material systems and structures,
vol. 8(11), pp. 953-959, 1997. DOI: 10.1177/1045389X9700801104.
[166] S. Emamian, B. B. Narakathu, A. A. Chlaihawi, B. J. Bazuin, M. Z. Atashbar, “Screen
printing of flexible piezoelectric based device on polyethylene terephthalate (PET) and paper

169

for touch and force sensing applications,” Sensors and Actuators A: Physical, vol. 263, pp.
639-647, 2017.
[167] S.G.R. Avuthu, B.B. Narakathu, M.Z. Atashbar, M. Rebros, E Hrehorova, B. Bazuin, D.
Fleming, M. Joyce “Printed capacitive based humidity sensors on flexible substrates” 13th
International Meeting on Chemical Sensors, pp. 124, 2010. DOI: 10.1166/sl.2011.1633.
[168] S. Lim, M. Joyce, P. D. Fleming, A. T. Aijazi, M. Z. Atashbar, “Inkjet printing and
sintering of nano-copper ink,” Journal of Imaging Science and Technology, vol. 57(5), pp.
50506-1, 2013.
[169] S. Masihi, M. Panahi, D. Maddipatla, S. Hajian, A. K. Bose, V. Palaniappan, B. B.
Narakathu, B. J. Bazuin, M. Z. Atashbar, “Cohesion failure analysis in a bi-layered
copper/kapton structure for flexible hybrid electronic sensing applications,” IEEE International
Conference

on

Electro

Information

Technology

(EIT),

pp.

1-4,

2021.

DOI:

10.1109/EIT51626.2021.9491906.
[170] M. Ahmad et al., "An auto-calibrated resistive measurement system with low noise
instrumentation

ASIC,"

IEEE

Journal

of

Solid-State

Circuits,

2020,

DOI:

10.1109/JSSC.2020.3017639.
[171] S. Masihi et al., “Development of a flexible tunable and compact microstrip antenna via
laser assisted patterning of copper film,” IEEE Sensors Journal, vol. 20(14), pp. 7579-7587,
2020, DOI:10.1109/JSEN.2020.2987318.
[172]

H. C Jung et al., “CNT/PDMS composite flexible dry electrodes for long-term ECG

monitoring,” IEEE Trans. Biomed. Eng., vol. 59 (5), pp. 1472 - 1479, 2012.

170

[173] Maxim Integrated Products, Inc, “How to measure biopotential using ecg strap”, Available:
https://www.maximintegrated.com/en/products/sensors/healthcare-sensor-ics/biopotentialsensor-ics.html.html, 2018, [Accessed Sep. 25, 2021].
[174] Maxim Integrated Products, Inc, Ultra-Low Power, Single-Channel Integrated Biopotential
(ECG, R-to-R Detection) AFE, Available: www.maximintegrated.com, [Accessed Sep. 25,
2021].
[175] Espressif Inc, “ESP32-WROOM-32D” , Available: www.espressif.com, [Accessed Sep.
25, 2021].
[176] K.-M. Chew and D. Lau, “ECG small signal general and analysis,” Available:
https://www.techbriefs.com/component/content/article/tb/supplements/tmtb/features/articles/
26085#, [Accessed Sep. 8, 2021].
[177] J. Yoo, H.J. Yoo, Fabric circuit board-based dry electrode and its characteristics for longterm physiological signal recording, Ann. Int. Conf. Eng. Med. Bio. Soc. 2011, pp. 2497–2500.
[178] C. Assambo, M.J. Burke, “Low-frequency response and the skin-electrode interface in dryelectrode electrocardiography,” INTECH Open Access Publisher, 2012, pp.23–52.
[179] R. Gupta, M. Mitra, J. Bera, “ECG acquisition and automated remote processing,”
Springer, India, 2014.
[180] X. Guo, W. Pei, Y. Wang, Q. Gong, H. Zhang, X. Xing, H. Chen, “A self-wetting paper
electrode for ubiquitous bio-potential monitoring,” IEEE Sensors J. 17 (9) (2017) 2654–2661.
[181] H.L. Peng, J.Q. Liu, Y.Z. Dong, B. Yang, X. Chen, C.S. Yang, “Parylene-based flexible
dry electrode for bioptential recording,” Sensors Actuators B Chem. 231 (2016) pp.1–11.
[182] K. L. Wong, “Compact and broadband microstrip antennas,”John Wiley & Sons, 2002.
171

[183] H. Li, L. Kang, F. Wei, Y. M. Cai and Y. Z. Yin, “A low-profile dual-polarized microstrip
antenna array for dual-mode oam applications,” IEEE Antennas Wireless Propag. Lett., vol.
16, pp.3022-3025, 2017.
[184] G. Rius, A. Baldi, B. Ziaie, M. Z. Atashbar, “Introduction to micro-/nanofabrication,”
Springer handbook of nanotechnology, pp. 51-86, 2017.
[185] V. P. Sarin, M. S. Nishamol, D. Tony, C. K. Aanandan, P. Mohanan and K. Vasudevan,
“A broadbandL-strip fed printed microstrip antenna,” IEEE Trans. Antennas Propag., vol. 59
(1), pp. 281-284, 2011.
[186] Z. Gan, Z. H. Tu, Z. M. Xie, Q. X. Chu and Y. Yao, “Compact wideband circularly
polarized microstrip antenna array for 45 GHz application,” IEEE Trans. Antennas Propag.,
vol. 66 (11), pp. 6388-6392, 2018.
[187] X. Chen, D. Wu, L. Yang and G. Fu, “Compact circularly polarized microstrip antenna
with cross-polarization suppression at low-elevation angle,” IEEE Antennas Wireless Propag.
Lett., vol. 16, pp. 258-261, 2016.
[188] M. Zhao, S. Chai, K. Xiao and X. Zhou, “Design of millimeter-wave compact waveguide
slot coupled microstrip array antenna,” IEEE 3rd Int. Conf. on Signal and Image Processing
(ICSIP), Shenzhen, pp. 516-519, 2018.
[189] S. Masihi, P. Rezaei and M. Panahi, “Compact chip-resistor loaded active integrated patch
antenna for ISM band applications,” Wireless Personal Communications, Springer, vol. 97 (4),
pp. 5733–5746, 2017.

172

[190] S. Masihi, P. Rezaei and M. Panahi, “Design of wideband microstrip antenna with spiral
slot on ground plane,” IEEE Int. Symp. on Antennas Propag. & USNC/URSI National Radio
Science Meeting, Vancouver, pp. 1934-1935, 2015.
[191] M. Liang, W. R. Ng, K. Chang, M. E. Gehm and H. Xin, “An X-band luneburg lens antenna
fabricated by rapid prototyping technology,” IEEE MTT-S Int. Microwave Symp., Baltimore,
pp. 1-4, 2011.
[192] O. S. Kim, “Rapid prototyping of electrically small spherical wire antennas,” IEEE Trans.
Antennas Propag., vol. 62 (7), pp. 3839-3842, 2014.
[193] S. Lim, M. Joyce, P. D. Fleming, A.T. Aijazi, M.Z. Atashbar, “Inkjet printing and sintering
of nano-copper ink” Journal of Imaging Science and Technology, vol. 57(5), pp. 50506-150506-7, 7, 2013. DOI: 10.2352/J.ImagingSci.Technol.2013.57.5.050506.
[194] T. Jaffre, L. Leger, B. Jecko, J. Claus and C. Chaput, “Fabrication of 3-D alumina photonic
bandgap structures by laser rapid prototyping- application to the design of three dimensional
photonic crystal resonator antenna,” IEEE 17th Int. Conf. on Applied Electromagn. and
Commun. ICECom, Dubrovnik, pp. 255-258, 2003.
[195] S. Biswas and M. S. Mirotznik, “Customized shaped luneburg lens antenna design by
additive fabrication,” IEEE 18th Int. Sym. on Antenna Technol. and Applied Electromagn.
(ANTEM), Waterloo, pp. 1-2, 2018.
[196] S. Krishnamurthy, M. Z. Atashbar and B. J. Bazuin, “Burst transceiver unit for wireless
passive SAW sensing system,” IEEE Trans. on Instr. and measurement , vol. 58 (10), pp. 37463753, 2009.

173

[197] A. Thielens, I. Deckman, R. Aminzadeh, A. C. Arias and A. J. M. Rabaey, “Fabrication
and characterization of flexible spray-coated antennas,” IEEE Access, vol. 6, pp. 62050-62061,
2018.
[198] H. Bahramiabarghouei, E. Porter, A. Santorelli, B. Gosselin, M. Popovic´, and L. A. Rusch,
“Flexible 16 antenna array for microwave breast cancer detection,” IEEE Trans. Biomed. Eng.,
vol. 62, pp. 2516-2525, 2015.
[199] H. R. Raad, A. I. Abbosh, H. M. Al-Rizzo and D. G. Rucker, “Flexible and compact amc
based antenna for telemedicine applications,” IEEE Trans. Antennas Propag., vol. 61 (2), pp.
524-531, 2013.
[200] S. Ahmed, F. A. Tahir, A. Shamim and H. M. Cheema, “A compact kapton-based inkjetprinted multiband antenna for flexible wireless devices,” IEEE Antennas Wireless Propag.
Lett., vol. 14, pp. 1802-1805, 2014.
[201] H. R. Khaleel, H. M. Al-Rizzo, D. G. Rucker and S. Mohan, “A compact polyimide-based
uwb antenna for flexible electronics,” IEEE Antennas Wireless Propag. Lett., vol. 11, pp. 564567, 2012.
[202] D. Godlinski, R. Zichner, V. Zöllmer and R. R. Baumann, “Printing technologies for the
manufacturing of passive microwave components: antennas,” IET Microw. Antennas Propag.,
vol. 11, pp. 2010-2015, 2017.
[203] N. Ghafouri, H. Kim, M.Z. Atashbar, K. Najafi “A micro thermoelectric energy scavenger
for a hybrid insect” The 7th IEEE Conference on Sensors October, pp. 1249-1252, 2008. DOI:
10.1109/ICSENS.2008.4716670.

174

[204] B. K. Tehrani, B. S. Cook and M. M. Tentzeris, “Inkjet printing of multilayer millimeterwave yagi-uda antennas on flexible substrates,” IEEE Antennas Wireless Propag. Lett., vol.
15, pp. 143-146, 2015.
[205] M. F. Farooqui and A. Shamim, “3-D inkjet-printed helical antenna with integrated lens,”
IEEE Antennas Wireless Propag. Lett., vol. 16, pp. 800-803, 2016.
[206] Z. Ramshani, A.S.G Reddy, B.B. Narakathu, J.T. Wabeke, S.O. Obare and M. Z. Atashbar,
“SH-SAW sensor based microfluidic system for the detection of heavy metal compounds in
liquid environments,” Sens. Actuators B Chem. , vol. 217, pp. 72-77, 2015.
[207] M. Z. Atashbar, B.J. Bazuin, M. Simpeh and S. Krishnamurthy, “3-D finite-element
simulation model of SAW palladium thin film hydrogen sensor,” Proc. of IEEE Int. Frequency
Control Symp. Exposition, pp. 549-553, 2004, DOI: 10.1109/FREQ.2004.1418517.
[208] D. B. Go, M. Z. Atashbar, Z. Ramshani and H. C. Chang, “Surface acoustic wave devices
for chemical sensing and microfluidics: a review and perspective” Anal. Methods, vol. 9 (28),
pp. 4112-4134, 2017.
[209] S. Khan, S. Tinku, L. Lorenzelli and R. S. Dahiya, “Flexible tactile sensors using screenprinted P(VDF-TrFE) and MWCNT/PDMS composites,” IEEE Sens. J., vol. 15 (6), pp. 31463155, 2015.
[210] A. Eshkeiti et al., “Screen printing of multilayered hybrid printed circuit boards on different
substrates,” IEEE Trans. Compon. Packaging Manuf. Technol., vol. 5, pp. 415-421, 2015.
[211] A. A. Chlaihawi et al., “Novel screen printed flexible magnetoelectric thin film sensor,”
Procedia Engineering, vol. 168, pp. 684-687, 2016.

175

[212] A. S. G. Reddy et al., “Gravure printed electrochemical biosensor,” Procedia Eng., vol. 25,
pp. 956-959, 2011.
[213] S. Emamian et al., “Gravure printed flexible surface enhanced Raman spectroscopy
(SERS) substrate for detection of 2, 4-dinitrotoluene (DNT) vapor,” Sens. Actuators B Chem,
vol. 217, pp. 129-135, 2015.
[214] A. S. G. Reddy et al., “Printed electrochemical based biosensors on flexible substrates,”
Proc. IEEE Sensors, pp. 1596-1600, 2010.
[215] V. S. Turkani, D. Maddipatla, B. B. Narakathu, B. J. Bazuin and M. Z. Atashbar, “A carbon
nanotube based NTC thermistor using additive print manufacturing processes,” Sens.
Actuators A Phys., vol. 279, pp. 1-9, 2018.
[216] D. Maddipatla, B. B. Narakathu, M. M. Ali, A. A. Chlaihawi and M. Z. Atashbar,
“Development of a novel carbon nanotube based printed and flexible pressure sensor”, IEEE
Sens Appl. Symp. (SAS), pp. 1-4, 2017, DOI: 10.1109/SAS.2017.7894034.
[217] B.B. Narakathu, W. Guo, S.O. Obare, M.Z. Atashbar, “Novel approach for detection of
toxic organophosphorus compounds”, Sensors and Actuators B: Chemical, vol. 158, pp. 6974, 2011. DOI: 10.1016/j.snb.2011.05.040.
[218] B. B. Narakathu, S. G. R. Avuthu, A. Eshkeiti, S. Emamian and M. Z. Atashbar,
“Development of a microfluidic sensing platform by integrating PCB technology and inkjet
printing

process,”

IEEE

Sensors

Journal,

10.1109/JSEN.2015.2457239, 2015.

176

vol.

15(11),

pp.

6374-6380,

DOI:

[219] X. Zhang, D. Maddipatla, A. K. Bose, B. B. Narakathu, M. Z. Atashbar, “A printed
MWCNTs/PDMS based flexible resistive temperature detector,” IEEE EIT Conference, 2020.
DOI: 10.1109/EIT48999.2020.9208334.
[220] D. Maddipatla et al., “A flexible copper based electrochemical sensor using laser-assisted
patterning process,” Proc. IEEE Sensors, pp. 1-4, 2018.
[221] X. Wang, R. Kang, W. Xu and D. Guo, “Direct laser fabrication of aluminum-alloy slot
antenna array,” IEEE 1st Int. Symp. on Systems and Control in Aerospace and Astronautics,
Harbin, pp. 1088-1092, 2006.
[222] G. L. Huang, S. G. Zhou, T. H. Chio and T. S. Yeo, “Fabrication of a high-efficiency
waveguide antenna array via direct metal laser sintering,” IEEE Antennas Wireless Propag.
Lett., vol. 15, pp. 622-625, 2015.
[223] Y. H. Jung et al., “A compact parylene-coated WLAN flexible antenna for implantable
electronics,”. IEEE Antennas Wirel. Propag. Lett., vol. 15, pp.1382–1385, 2016.
[224] W. Xiao, T. Mei, Y. Lan, Y. Wu, R. Xu and Y. Xu “Triple band-notched UWB monopole
antenna on ultra-thin liquid crystal polymer based on ESCSRR,”. Electron. Lett., 53, pp.57–
58, 2017.
[225] A. N. Kulkarni and S. K. Sharma, “Frequency reconfigurable microstrip loop antenna
covering LTE bands with MIMO implementation and wideband microstrip slot antenna all for
portable wireless DTV media player,” IEEE Trans. Antennas Propag., vol. 61 (2), pp. 964-968,
2013.
[226] H. Cheng, N. Yi, “Dissolvable tattoo sensors: From science ﬁction to a viable technology,”.
Phys. Scr., vol. 92, p.13001, 2017.
177

[227] W. Bai et al., “Patchable micro/nanodevices interacting with skin,” Biosens. Bioelectron.,
122, 189–204, 2018.
[228] U. Tata, H. Huang, R. L. Carter and J. C. Chiao, “Exploiting a patch antenna for strain
measurements,” Meas. Sci. Technol., vol. 20, pp. 015201, 2009.
[229] J. Zhu and H. Cheng, “Recent development of flexible and stretchable antennas for biointegrated electronics,” Sensors, vol.18 (12), p.4364, 2018.
[230] D. Maddipatla, X. Zhang, A. K. Bose, S. Masihi, B. B. Narakathu, B. J. Bazuin, M. Z.
Atashbar, “Development of a flexible force sensor using additive print manufacturing process”,
2019 IEEE International Conference on Flexible and Printable Sensors and Systems (FLEPS),
Glasgow, United Kingdom, 2019, pp. 1-3, DOI: 10.1109/FLEPS.2019.8792307.
[231] V. Palaniappan, X. Zhang, D. Maddipatla, B. B. Narakathu, B. J. Bazuin and M. Z.
Atashbar, "Enhanced TENG performance by engineering the compression modulus of
triboelectric

layers,"

2021

IEEE

Sensors,

pp.

1-4,

2021.

DOI:

10.1109/SENSORS47087.2021.9639640.
[232] B.B. Narakathu, M.S. Devadas, A. S. G. Reddy, A. Eshkeiti, A. Moorthi, I.R. Fernando,
B. Miller, G. Ramakrishna, E. Sinn, M. Joyce, M. Rebros, E. Rebrosova, G. Mezei and M.Z.
Atashbar, “Novel fully screen printed flexible electrochemical sensor for the investigation of
electron transfer between THIOL functionalized viologen and gold clusters”, Sensors and
Actuators B: Chemical, vol. 176, pp. 768-774, 2012. DOI: 10.1016/j.snb.2012.10.069.
[233] A. Eshkeiti, B.B. Narakathu, A.S.G. Reddy, A. Moorthi, M.Z. Atashbar, “A novel inkjet
printed surface enhanced Raman spectroscopy (SERS) substrate for the detection of toxic

178

heavy metals”, Sensors and Actuators B: Chemical, vol. 171-172, pp. 705-711, 2012. DOI:
10.1016/j.proeng.2011.12.083.
[234] B.R. Young, T.L. Young, M.K. Joyce, S. Kennedy, M.Z. Atashbar "Future opportunities
for advancing glucose test device electronics" Journal of Diabetes Science and Technology,
September 2011, vol. 5, Issue 5, pp. 1077-1086, 2011. DOI: 10.1177/193229681100500508.
[235] J.O. Manyala, T. Fritz, M.Z. Atashbar “Integration of tri-axial hall effect sensor technology
in gear position sensing in a commercial vehicle transmission” IEEE Transactions on
Instrumentation and Measurement no.99, pp.1-9, 2011. DOI: 10.1109/TIM.2011.2170376.
[236] C.J. Cheng, C.T. Feng, M.Z. Atashbar, W. Wlodarski, K. Kantar-Zadeh “Guided SH-SAW
sensing system for liquid viscosity sensing applications” Sensor Letters, 9, 605-608, 2011.
DOI: 10.1166/sl.2011.1572.
[237] V. Venkataraman, M.Z. Atashbar, B. Bejcek “Investigation of capacitive transducer for
bio/chemical sensing” Sensor Letters 9, 890-893, 2011. DOI: 10.1166/sl.2011.1637.
[238] B.B. Narakathu, B.E. Bejcek and M.Z. Atashbar, “Pico-mole level detection of toxic
bio/chemical species using impedance based electrochemical biosensors”, Sensor Letters, vol.
9, pp. 872-875, 2011. DOI: 10.1166/sl.2011.1634.
[239] B.B. Narakathu, W. Guo, S.O. Obare, M.Z. Atashbar, “Detection of picomolar levels of
toxic organophosphorus compounds by electrochemical and fluorescence spectroscopy”,
Sensor Letters, vol. 9, pp. 907-909, 2011. DOI: 10.1166/sl.2011.1641.
[240] B.B. Narakathu, B.E. Bejcek, M.Z. Atashbar, “Improved detection limits of toxic
biochemical species based on impedance measurements in electrochemical biosensors”,
Biosensors and Bioelectronics, vol. 26, pp. 923–928, 2010. DOI: 10.1016/j.bios.2010.06.051.
179

[241] M.Z. Atashbar, A.Z. Sadek, W. Wlodarski, S. Sriram, M. Bhaskaran, C.J. Cheng, R.B.
Kaner, and K. Kalantar-zadeh “Layered SAW gas sensor based on CSA synthesized
polyaniline nanofiber on AlN on 64º YX LiNbO3 for H2 sensing” Sensors and Actuators B,
138, pp. 85-89, 2009. DOI: 10.1016/j.snb.2009.01.072.
[242] C. Baratto, M.Z. Atashbar, G. Faglia, G. Sberveglieri “Functionalized single wall carbon
nanotubes based gas sensor” Journal of Nanoengineering and Nanosystems, 221, N1, pp. 1721, 2007.
[243] M. Z. Atashbar, B. Bejcek S. Singamaneni “Carbon nanotube network-based biomolecule
detection” IEEE Sensors Journal, 6, 3, pp. 524- 528, 2006. DOI: 10.1109/JSEN.2006.874491.
[244] V.N. Bliznyuk, S. Singamaneni, R. Kattumenu, M.Z. Atashbar “Surface electrical
conductivity in ultrathin single-wall carbon nanotube/polymer nanocomposite films” Applied
Physics Letters, 88, pp. 164101-164103, 2006.
[245] M.-F. Yu, M. Z. Atashbar, X. L. Chen “Mechanical and electrical characterization of Ga2O3 nanostructures for sensing applications,” IEEE Sensors Journal, 5, 1, pp. 20-25, 2005.
[246] M.Z. Atashbar, D. Banerji, S. Singamaneni “Room temperature hydrogen sensor based on
palladium nanowires” IEEE Sensors Journal, 5, 5, pp. 792-797, 2005.
[247] M.Z. Atashbar, B. Bejcek, A. Vijh, S. Singamaneni “QCM Biosensor with ultra thin
polymer film” Sensors and Actuators B, 107, 2, pp. 945-951, 2005.
[248] M.Z. Atashbar and S. Singamaneni “Comparative studies of temperature dependence of
‘G’ band peak in SWNT and highly oriented pyrolytic graphite” Applied physics Letters, 86,
pp. 123112-1 to 123112-3, 2005. DOI: 10.1063/1.1884260.

180

[249] M. Z. Atashbar and S. Singamaneni “Template based fabrication of metal nanostructures
for gas sensing applications” Invited paper Journal of Nanoengineering and Nanosystems, pp.
83-89, 2005.
[250] M.Z. Atashbar, B. Bazuin, M. Simpeh, S. Krishnamurthy “3-D FE simulation of H2 SAW
gas sensor,” Sensors and Actuators B: Chemicals, 111-112, pp. 213-218, 2005.
[251] M.Z. Atashbar and S. Singamaneni “Room temperature gas sensor based on metallic
nanowires,” Sensor and Actuators, 111-112, pp. 13-21, 2005.
[252] M.Z. Atashbar, V. Bliznyuk, D. Banerji, S. Singamaneni “Deposition of parallel arrays of
palladium nanowires on highly oriented pyrolytic graphite” Journal of Alloys and Compounds,
372, pp. 107-110, 2004.
[253] M.Z. Atashbar, D. Banerji, S. Singamaneni, V. Bliznyuk “Deposition of parallel arrays of
palladium nanowires and electrical characterization using microelectrode contacts”
Nanotechnology, 15, 3, pp. 374 – 378, 2004. DOI: 10.1088/0957-4484/15/3/025.
[254] M.Z. Atashbar, B.J. Bazuin, S. Krishnamurthy “Performance evaluation of SAW devices
by simulation” International Journal of Simulation and Modeling, 24, 4, pp. 250-263, 2004.
[255] J. Khazzai and M.Z. Atashbar “Optical edge enhancement based on edge patterns and fuzzy
logic” Integrated Computer-Aided Engineering – An International Journal 9, 2, pp. 167-174,
2002.
[256] C. Cantalini, W. Wlodarski, H.T. Sun, M.Z. Atashbar, M. Passacantando S. Santucci “NO2
response of In2O3 thin film gas sensors prepared by sol-gel and vacuum thermal evaporation
techniques” Sensors and Actuators, 65, 1/3, pp. 101-104, 2000.

181

[257] G. Sberveglieri, G. Faglia, E. Comini, M.Z. Atashbar, W. Wlodarski “Titanium dioxide
thin films prepared for alcohol microsensor applications” Sensors and Actuators, 66, 1/3, pp.
139-141, 2000.
[258] M.Z Atashbar, B. Gong, H.T. Sun, W. Wlodarski, R.N. Lamb “Investigation on ozonesensitive In2O3 thin films” Thin Solid Films, 354, 1/2, pp. 222-226, 1999.
[259] C. Cantalini, W. Wlodarski, H.T. Sun , M.Z. Atashbar, G. Sulli, L. Lozzi, S. Santucci
“Investigation on the cross sensitivity of NO2 sensors based on In2O3 thin films prepared by
sol-gel and vacuum thermal evaporation techniques” Thin Solid Films, 350, 1/2, pp. 276-282,
1999.
[260] F. Motallebiaraghi et al., “Mobility energy productivity evaluation of prediction-based
vehicle powertrain control combined with optimal traffic management,” SAE Technical Paper
2022-01-0141, 2022, DOI:10.4271/2022-01-0141.
[261] C. Cantalini. M.Z. Atashbar, Y. Li, M.K. Ghantasala, S. Santucci, W. Wlodarski
“Characterization of sol-gel prepared WO3 thin films as a gas sensor” Journal of American
Vaccum Science and Technology, 17, 4, pp. 1873-1879, 1999.
[262] M.Z. Atashbar, H.T. Sun, B. Gong, W. Wlodarski, R. Lamb “XPS study of a Nb-doped
oxygen sensing TiO2 thin films prepared by sol-gel” Thin Solid Films, 326, 1/2, pp. 238-244,
1998.
[263] A. Rabinowitz, F. M. Araghi, T. Gaikwad, Z. D. Asher, T. H. Bradley, “Development and
evaluation of velocity predictive optimal energy management strategies in intelligent and
connected

hybrid

electric

vehicles,”

https://doi.org/10.3390/en14185713.
182

Energies

2021,

14(18),

5713;

[264] S.G.R. Avuthu, B.B. Narakathu, A. Eshkeiti, S. Emamian, B.J. Bazuin, M. Joyce, M.Z.
Atashbar, “Detection of heavy metals using fully printed three electrode electrochemical
sensor”, 13th IEEE Sensors Conference, pp.669-672. DOI: 10.1109/ICSENS.2014.6985087.
[265] B.B. Narakathu, S.G.R. Avuthu, A. Eshkeiti, S. Emamian, M.Z. Atashbar, “Development
of a novel printed flexible microfluidic sensing platform based on PCB technology”, 13th IEEE
Sensors Conference, pp. 665-668. DOI: 10.1109/ICSENS.2014.6985086.
[266] A. Eshkeiti, S. Emamian, S.G.R. Avuthu, B.B. Narakathu, M.J. Joyce, M. Joyce, M.Z.
Atashbar, “Screen printed flexible capacitive pressure sensor”, 13th IEEE Sensors Conference,
November 2-5, 2014, Valencia, Spain, pp. 1192-1195. DOI: 10.1109/ICSENS.2014.6985222.
[267] A. Schuhknecht, E. Fadanelli, M. Patel, A. J. Hanson, D. Maddipatla and M. Z. Atashbar,
"Development of a flexible and conformable EEG sensors using 3D printing process," 2021
IEEE Sensors, pp. 1-4, 2021. DOI: 10.1109/SENSORS47087.2021.9639806.
[268] A. S. G. Reddy, B. B. Narakathu, A. Eshkeiti, B. J. Bazuin, M. Joyce and M. Z. Atashbar,
"Fully printed organic thin film transistors (OTFT) based flexible humidity sensors,"
SENSORS, 2013 IEEE, pp. 1-4, 2013. DOI: 10.1109/ICSENS.2013.6688309.
[269] B.B. Narakathu, A.S.G. Reddy, A. Eshkeiti, B.J. Bazuin, M.Z. Atashbar, “Optoelectrochemical based dual detection of heavy metal compounds using a novel flow cell”, 12th
IEEE Sensors Conference, pp 834-837, 2013. DOI: 10.1109/ICSENS.2013.6688337
[270] Z. Ramshani, B.B. Narakathu, S. Emamian A.S.G. Reddy, M.Z. Atashbar, “Investigation
of SH-SAW sensors for toxic heavy metal detection”, 12th IEEE Sensors Conference, pp.
1514-1517, 2013. pp. 1-4, DOI: 10.1109/ICSENS.2013.6688510.

183

[271] A. Eshkeiti, M. Rezaei, B.B. Narakathu, A.S.G. Reddy, M.Z. Atashbar, “Gravure printed
paper based substrate for detection of heavy metals using surface enhanced Raman
spectroscopy, SERS”, 12th IEEE Sensors Conference, pp.667-674, 2013. DOI:
10.1109/ICSENS.2013.6688292.
[272] F. Motallebiaraghi, et al.,“High-fidelity modeling of light-duty vehicle emission and fuel
economy using deep neural networks,” SAE Technical Paper 2021-01-0181, 2021,
DOI:10.4271/2021-01-0181.
[273] A.S.G. Reddy, A. Eshkeiti, B.B. Narakathu, B. J. Bazuin, M. Joyce, M.Z. Atashbar, “Fully
printed thin film transistor (OTFT) based flexible humidity sensors”, 12th IEEE Sensors
Conference, pp.729-732, 2013. DOI: 10.1109/ICSENS.2013.6688309.
[274] Z. Ramshani, B.B. Narakathu, M.Z. Atashbar, K. Ro, J.C. Song, D. Lee, C.H. Lee, “Design
of a novel 3D localization and identification system using surface acoustic, SAW devices”,
IEEE International Conference on Electro/Information Technology, pp.1-4, 2013. DOI:
10.1109/EIT.2013.6632696.
[275] C.J. Cheng, C.T. Feng, M. Z. Atashbar, K. Ro, J.C. Song, D. Lee, and C. Lee “Design and
modeling of a passive wireless SAW transponder” 11th IEEE Sensors Conference, pp. 11721175, 2012. DOI: 10.1109/ICSENS.2012.6411403.
[276] A. Moorthi, B.B. Narakathu, A.S.G. Reddy, A. Eshkeiti, M.Z. Atashbar, “A novel flexible
strain gauge sensor fabricated using screen printing”, the 6th International Conference on
Sensing Technology: ICST 2012, pp. 765-768, 2012. DOI: 10.1109/ICSensT.2012.6461780.
[277] B.B. Narakathu, F. A. Abebe, C. S. Eribal, M. Z. Atashbar, E. Sinn, “Detection of Zn2+
ions using a novel chemosensor based on coumarin Schiff-base derivatives by electrochemical
184

and fluorescence spectroscopy”, 14th International Meeting on Chemical Sensors, pp. 690693, 2012. DOI: 10.5162/IMCS2012/8.2.5.
[278] Y. H. Mahmoud et al., “Autonomous eco-driving with traffic light and lead vehicle
constraints: an application of best constrained interpolation” IFAC PapersOnLine 54-10 (2021)
45–50.
[279] A.S.G. Reddy, B.B. Narakathu, A. Eshkeiti, A. Moorthi, M. Z. Atashbar, M. Rebros, E.
Rebrosova, M. Joyce, “Fully printed Wireless LC sensor for toxic heavy metal detection”, 14th
International

Meeting

on

Chemical

Sensors,

pp.

1191-1194,

2012.

DOI:

10.5162/IMCS2012/P1.9.12.
[280] A. Eshkeiti, B.B. Narakathu, A.S.G. Reddy, A. Moorthi, M.Z. Atashbar, E. Rebrosova, M.
Rebros, M. Joyce, “A novel flexible gravure printed surface enhanced Raman spectroscopy,
sers sensor for the detection of toxic heavy metals”, 14th International Meeting on Chemical
Sensors, pp.1479-1482, 2012. DOI: 10.5162/IMCS2012/P2.3.11.
[281] A.S.G. Reddy, B.B. Narakathu, M.Z. Atashbar, M. Rebros, E. Rebrosova, M.K. Joyce,
“Fully printed flexible humidity sensor”, 25th Eurosensors Conference, pp. 120-123, 2011.
DOI: 10.1016/j.proeng.2011.12.030.
[282] A. Eshkeiti, B.B. Narakathu, A.S.G. Reddy, A. Moorthi, M.Z. Atashbar, “A novel inkjet
printed surface enhanced Raman spectroscopy (SERS) substrate for the detection of toxic
heavy metals”, 25th Eurosensors Conference, vol. 25, pp. 338-341 2011. DOI:
10.1016/j.proeng.2011.12.083.

185

[283] B.B. Narakathu, A.S.G. Reddy, M.Z. Atashbar, M.K. Joyce, “A novel gravure printed
impedance based flexible electrochemical sensor”, 10th IEEE Sensors Conference, pp. 577580, 2011. DOI: 10.1109/ICSENS.2011.6127225.
[284] C.T. Feng, C.J. Cheng, M.Z. Atashbar, “PMMA/64° YX-LiNbO3 Guided SH-SAW based
immunosensing system”, 10th IEEE Sensors Conference, pp. 308-311, 2011. DOI:
10.1109/ICSENS.2011.6127240.
[285] B.B. Narakathu, W. Guo, S.O. Obare, M.Z. Atashbar “Electrochemical impedance
spectroscopy sensing of toxic organophosphorus compounds” IEEE Sensors Conference, pp.
1518-1521, 2010. DOI: 10.1109/ICSENS.2010.5690337.
[286] C.J Cheng, C.T Feng, M.Z. Atashbar “The analysis of IgG-Protein a binding effect by
quartz crystal microbalance biosensor” IEEE Sensors Conference, November 1-4, pp. 228231, 2010. DOI: 10.1109/ICSENS.2010.5690442.
[287] C.J. Cheng, C.T. Feng, M.Z. Atashbar, W. Wlodarski, K. Kantar-Zadeh “Guided SH-SAW
sensing system for liquid viscosity sensing applications” 13th International Meeting on
Chemical Sensors, July 11-14, pp. 171, 2010. DOI: 10.1166/sl.2011.1572.
[288] V. Venkataraman, M.Z. Atashbar, B Bejcek “Investigation of capacitive transducer for
bio/chemical sensing” 13th International Meeting on Chemical Sensors, pp. 169, 2010. DOI:
10.1166/sl.2011.1637.
[289] B.B. Narakathu, M.Z. Atashbar, B. Bejcek “Pico-mole level detection of toxic biochemical
species using impedance based” 13th International Meeting on Chemical Sensors, pp. 313,
2010. DOI: 10.1166/sl.2011.1634.

186

[290] B.B. Narakathu, B.E. Bejcek, M.Z. Atashbar “Impedance based electrochemical
biosensors”

IEEE

SENSORS

2009

Conference,

pp.

1212-1216,

2009.

DOI:

10.1109/ICSENS.2009.5398365.
[291] C.J. Cheng and M.Z. Atashbar “Three dimensional finite element modeling and simulation
of quasi-shear mode resonator based on c-axis-titled ZnO film” IEEE SENSORS 2009
Conference, pp. 1072-1076, 2009. DOI: 10.1109/ICSENS.2009.5398562.
[292] C.J. Cheng and M.Z. Atashbar “Finite element simulation of SMFBAR based sensor” IEEE
EIT conference 2008, IEEE Proceedings, pp 190-195, 2008. DOI: 10.1109/EIT.2009.5189609.
[293] M.Z. Atashbar, A.Z. Sadek, K. Kalantar-zadeh, W. Wlodarski, R.B. Kaner “Layered SAW
gas sensor based on CSA doped polyaniline nanofiber/AlN/64º YX-LiNbO3 for H2 sensing”
12th

International

Meeting

on

Chemical

Sensors,

pp

163-164,

2008.

DOI:

10.1016/j.snb.2009.01.072.
[294] M.Z. Atashbar, C. Baratto, G. Faglia, G. Sberveglieri “Functionalized single wall carbon
nanotubes based gas sensor” IEEE Sensors Conference 2006, pp. 247 – 250, 2006. DOI:
10.1109/ICSENS.2007.355758.
[295] C.J. Cheng and M.Z. Atashbar “Three dimensional finite element modeling and simulation
of quasi-shear mode resonator based on c-axis-titled ZnO film” IEEE SENSORS 2009
Conference, pp. 1072-1076, 2009. DOI: 10.1109/ICSENS.2009.5398562.
[296] M.Z. Atashbar, B. Bejcek, A. Vijh, S. Singamaneni "Sensitivity enhancement of a QCM
biosensor using polymer treatment," IEEE Ultrasonics Symposium, vol 1, pp. 329-332, 2004.
DOI: 10.1109/ULTSYM.2004.1417732.

187

[297] X. Zhang, D. Maddipatla, B. B. Narakathu, B. J. Bazuin, M. Z. Atashbar, “Development
of a novel wireless multi-channel stethograph system monitoring cardiovascular and
cardiopulmonary diseases,” IEEE Access, 2021. DOI: 10.1109/ACCESS.2021.3111778.
[298] M. Panahi, S. Masihi, A. Hanson, J. R. Rodriguez-Labra, A. Masihi, D. Maddipatla, B. B
Narakathu, D. Lawson, M. Z. Atashbar, “A smart wearable oximeter insole for monitoring
SPO2 levels of diabetics’ foot ulcer,” IEEE International Conference on Flexible and Printable
Sensors and Systems (FLEPS), 2022. DOI: 10.1109/FLEPS53764.2022.9781511.
[299] S. Ahmadi, Y. Wang, D. Maddipatla, D. Cao, H. Zhu, Q. Wu, M. Z. Atashbar, “A modeling
approach for optimization of printed NMC622 cathode for capacity density improvement under
fast charging condition- 3D simulation and experimental validation,” IEEE International
Conference on Flexible and Printable Sensors and Systems (FLEPS), 2022. DOI:
10.1109/FLEPS53764.2022.9781504.
[300] P. Eskandari, C. L. Beaver, S. Rossbach, D. Maddipatla, M. Z. Atashbar, “Flexible
microplasma discharge device for treating burn wound injuries against fungal infections,”
IEEE International Conference on Flexible and Printable Sensors and Systems (FLEPS), 2022.
DOI: 10.1109/FLEPS53764.2022.9781581.
[301] V. Palaniappan, D. Maddipatla, S. Ahmadi, G. Wang, Q. Wu, W. Lu, M. Z. Atashbar,
“Improving registration accuracy of multilayer screen-printed graphite electrodes with
secondary pore networks for fast charging lithium-ion batteries,” IEEE International
Conference on Flexible and Printable Sensors and Systems (FLEPS), 2022. DOI:
10.1109/FLEPS53764.2022.9781519.

188

[302] S. Hajian, S. Ahmadi, D. Maddipatla, P. Eskandari, S. Masihi, M. Panahi, B. B. Narakathu,
B. J. Bazuin, M. Z. Atashbar, “Facile fabrication of graphene oxide-based flexible temperature
sensor and improving its humidity stability,” IEEE International Conference on Flexible and
Printable Sensors and Systems (FLEPS), 2022. DOI: 10.1109/FLEPS53764.2022.9781481.
[303] H. R. K. M. Emani, V. Palaniappan, S. Ahmadi, X. Zhang, D. Maddipatla, M. Z. Atashbar,
“A novel laser patterned flexible graphene nanoplatelet electrode for fast charging lithium-ion
battery applications,” IEEE International Conference on Flexible and Printable Sensors and
Systems (FLEPS), 2022. DOI: 10.1109/FLEPS53764.2022.9781591.
[304] X. Zhang, D. He, H. Emani, M. Panahi, S. Masihi, D. Maddipatla, Q. Yang, M. Z. Atashbar,
“A novel high voltage SBS/PVDF based flexible triboelectric nanogenerator,” IEEE
International Conference on Flexible and Printable Sensors and Systems (FLEPS), 2022. DOI:
10.1109/FLEPS53764.2022.9781540.
[305] S. Ali, V. Palaniappan, X. Zhang, D. Maddipatla, B. J. Bazuin, M. Z. Atashbar,
“Investigating the performance of triboelectric nanogenerators (TENGs) fabricated using
various flexible polymeric materials,” IEEE International Conference on Flexible and
Printable Sensors and Systems (FLEPS), 2022. DOI: 10.1109/FLEPS53764.2022.9781542.
[306] A. Whipple, M. Bridges, A. Hanson, D. Maddipatla, M. Z. Atashbar, “A fully flexible
handheld wireless estrogen sensing device,” IEEE International Conference on Flexible and
Printable Sensors and Systems (FLEPS), 2022. DOI: 10.1109/FLEPS53764.2022.9781499.
[307] V. Palaniappan, X. Zhang, D. Maddipatala, B.B. Narakathu, B.J. Bazuin, M.Z. Atashbar,
“Enhanced TENG performance by engineering the compression modulus of triboelectric

189

layers,”

IEEE

Sensors

Conference,

pp.

1-4,

2021.

DOI:

10.1109/SENSORS47087.2021.9639640.
[308] A. Schuhknecht, E. Fadanelli, M. Patel, A. J. Hanson, D. Maddipatla, M.Z. Atashbar,
“Development of a flexible and conformable eeg sensors using 3D printing process,” IEEE
Sensors Conference, pp. 1-4, 2021. DOI: 10.1109/SENSORS47087.2021.9639806.
[309] X. Zhang, D. He, D. Maddipatla, V. Palaniappan, Q. Yang, B.J. Bazuin, M.Z. Atashbar,
“Enhanced performance of triboelectric nanogenerator using custom fabricated PDMS,” IEEE
Sensors Conference, pp. 1-4, 2021. DOI: 10.1109/SENSORS47087.2021.9639817.
[310] V. Palaniappan, S. Masihi, M. Panahi, D. Maddipatla, X. Zhang, B.B. Narakathu, B.J.
Bazuin, M.Z. Atashbar, “A porous microstructured dielectric layer based pressure sensor for
wearable applications,” IEEE International Conference on Flexible and Printable Sensors and
Systems (FLEPS), pp. 1-4, 2021. DOI: 10.1109/FLEPS51544.2021.9469706.
[311] A. K. Bose, C.L. Beaver, D. Maddipatla, S. Rossbach, M.Z. Atashbar, “A novel and
flexible microplasma discharge device for inactivating pathogens suspended in fluids,” IEEE
International Conference on Flexible and Printable Sensors and Systems (FLEPS), pp. 1-4,
2021. DOI: 10.1109/FLEPS51544.2021.9469733.
[312] X. Zhang, D. He, V. Palaniappan, D. Maddipatla, Q. Yang, M.Z. Atashbar, “A novel
graphite/PDMS based flexible triboelectric nanogenerator,” IEEE International Conference on
Flexible

and

Printable

Sensors

and

Systems

(FLEPS),

pp.

1-4,

2021.

DOI:

10.1109/FLEPS51544.2021.9469812.
[313] H. Emani, X. Zhang, G. Wang, D. Maddipatla, T. Saeed, Q. Wu, W. Lu, M. Z. Atashbar,
“Development of a screen-printed flexible porous graphite electrode for Li-Ion battery,” IEEE
190

International Conference on Flexible and Printable Sensors and Systems (FLEPS), pp. 1-4,
2021. DOI: 10.1109/FLEPS51544.2021.9469794.
[314] J. Crosby, D. Maddipatla, Q. Wu, B.J. Bazuin, M. Stoops, M.Z. Atashbar, “Development
of a flexible printed battery,” IEEE International Conference on Electro Information
Technology (EIT), pp. 1-4, 2021. DOI: 10.1109/EIT51626.2021.9491880.
[315] A. K. Bose, C. L. Beaver, D. Maddipatla, S. Rossbach and M. Z. Atashbar, “Inactivation
of B. subtilis spores using flexible microplasma discharge device,” IEEE International Flexible
Electronics

Technology

Conference

(IFETC),

pp.

0038

-

0040,

2021.

DOI:

10.1109/IFETC49530.2021.9580519.
[316] S. Ahmadi, G. Wang, D. Maddipatla, Q. Wu, W. Lu and M. Z. Atashbar, “Investigating
the impact of thickness, calendering and channel structures of printed electrodes on the energy
density of LIBs - 3D simulation and validation,” IEEE International Flexible Electronics
Technology Conference (IFETC), pp. 1-3, 2021. DOI: 10.1109/IFETC49530.2021.9580515.
[317] J. Crosby, H. Emani, X. Zhang, D. Maddipatla, S. Ahmadi, Q. Wu, B.J. Bazuin, M. Stoops,
M.Z. Atashbar, “Development of a Zn/MnO2 based flexible battery,” IEEE International
Flexible Electronics Technology Conference (IFETC), pp. 0035 - 0037, 2021. DOI:
10.1109/IFETC49530.2021.9580507.
[318] X. Zhang, D. He, D. Maddipatla, Q. Yang and M. Z. Atashbar, “A novel integrated
MWCNTs/PDMS based flexible triboelectric nanogenerator,” IEEE International Flexible
Electronics

Technology

Conference

(IFETC),

10.1109/IFETC49530.2021.9580508.

191

pp.

0029

-

0031,

2021.

DOI:

[319] X. Zhang, D. Maddipatla, A. K. Bose, B. B. Narakathu, M. Z. Atashbar, “Effect of
excitation signal frequency on the electrical response of a MWCNT/HEC composite based
humidity

sensor”

IEEE

Sensors

Conference,

2020,

DOI:

10.1109/SENSORS47125.2020.9278817.
[320] A. K. Bose, D. Maddipatla, and M. Z. Atashbar, “2D finite element modeling of surface
dielectric barrier plasma discharge devices to understand the influence of design parameters
on sterilization applications,” IEEE Transactions on Plasma Science, 2022. DOI:
10.1109/TPS.2022.3156031.
[321] A. K. Bose, C. L. Beaver, D. Maddipatla, S. Rossbach and M. Z. Atashbar, "Laser ablated
microplasma discharge device for inactivating bacteria suspended in liquid media," IEEE
Sensors Journal, 2021. DOI: 10.1109/JSEN.2021.3133507.
[322] B. N. Altay, B. Aksoy, D. Banerjee, D. Maddipatla, P.D. Fleming, M. Bolduc, S.G.
Cloutier, M.Z. Atashbar, M Demir, “Lignin-derived carbon-coated functional paper for printed
electronics,” ACS Applied Electronic Materials, vol. 3(9), pp. 3904-3914, 2021. DOI:
10.1021/acsaelm.1c00502.
[323] X. Zhang, D. He, Q. Yang, M. Z. Atashbar, “Rapid, highly sensitive, and highly repeatable
printed porous paper humidity sensor,” Chemical Engineering Journal, Vol. 433(3), pp.
133751, 2022.
[324] D. Maddipatla, T. Saeed, B.B. Narakathu, S.O. Obare, M.Z. Atashbar, “Incorporating a
novel hexaazatriphenylene derivative to a flexible screen-printed electrochemical sensor for
copper ion detection in Water Samples”, IEEE Sensors Journal, vol. 20(21), pp. 12582 - 12591,
2020. DOI: 10.1109/JSEN.2020.3002811.
192

[325] T. Saeed, D. Maddipatla, B.B. Narakathu, S. O. Obare, M.Z. Atashbar, “Synthesis of a
novel hexaazatriphenylene derivative for the selective detection of copper ions in aqueous
solution,” RSC Advances, vol. 9(68), pp. 39824-39833, 2019.
[326] B. N. Altay, R. Ma, P. D. Fleming, M. J. Joyce, A. Anand, T. Chen, B. Keskin, D.
Maddipatla, V. S. Turkani, P. R. Kotkar, A. Fleck, R. Rasheed, D. He, “Surface free energy
estimation: A new methodology for solid surfaces,” Advanced Materials Interfaces, pp.
1901570, 2020.

193

APPENDIX A
Modeling the Microstrip Antenna

h

(b)

(a)
Figure A1. (a) Microstrip antenna (b) rectangular patch.

Table A1. Important Parameters and Associated Formulas for Modeling the Microstrip Antenna.
Parameter

Formula/Definition

h

Height of the dielectric substrate

ɛr

Dielectric constant of the substrate

Width of the rectangular patch (W)
𝑤=

Effective dielectric constant
εreff (W/h >> 1)
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Length of the rectangular patch (L)
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Resonant frequency (fr); dominant mode
(L > W) (no fringing)
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Where:
c= Free-space velocity of light
ɛ0 = Vacuum permittivity
µ0 = Vacuum permeability
194

𝑤
02 )
ℎ
]
𝑤
)(
0 )
ℎ

APPENDIX B
List of Author’s Publications and Awards
B1. Inventions
1. M. Z. Atashbar, B. B. Narakathu, S. Masihi, M. Panahi, D. Maddipatla, “Pressure monitoring
systems for helmet,” Western Michigan University, U.S. Patent Application 16/898,588,
December 17, 2020.
2. M. Z. Atashbar, S. Masihi, M. Panahi, D. Maddipatla, B. B. Narakathu, “Development of
printed and flexible electrodes for wound healing and pain management application,” Western
Michigan University, Intellectual Property Disclosure, WMU Case #2020-002.
3. M. Z. Atashbar, D. Maddipatla, S. Masihi, S. Hajian, X. Zhang, B. B. Narakathu, A. J. Hanson,
“Highly Conductive Graphene-Based Composite Inks,” Western Michigan University,
Intellectual Property Disclosure, Case No. 2022-006.
4. M. Z. Atashbar, D. Lawson, S. Masihi, M. Panahi, J. Rodriguez-Labra, A. J. Hanson, B. B.
Narakathu, “Personalized wearable Insole for Enhanced Diabetic Foot Ulcer Wound Healing,”
Western Michigan University, Intellectual Property Disclosure, WMU Case #2022-009.

B2. Journal Papers
1. S. Masihi, M. Panahi, D. Maddipatla, A. J. Hanson, A. K. Bose, S. Hajian, V. Palaniappan, B.
B. Narakathu, B. J. Bazuin, and M. Z. Atashbar, “A highly sensitive porous PDMS based
195

capacitive pressure sensor fabricated on fabric platform for wearable applications,” ACS Sens.
2021, 6, 3, 938–949.
Highlights on this paper:
This paper is published in American Chemical Society - ACS Sensors Journal - a very highquality journal with an impact factor of 7.7 in 2021. ACS is well known as the most trusted
journal in the field of chemistry. This paper was selected and featured in ACS Editors' Choice,
an honor given to only one article from the entire ACS portfolio each day of the year. Under
ACS Editors' Choice, this paper was sponsored for immediate, Open Access by ACS due to its
potential for broad public interest. This paper was also selected as Top 10 Most Read Papers
in April 2021 at ACS Sensors. According to ACS website, this paper with an Altmetric
Attention Score Of 77 is ranked in the Top 5% of all research outputs scored by Altmetric.
This paper has also been reported in media several times such as: The Pressure-sensitive Cap
that

can

Protect

Against

Head

Injuries

(azosensors.com)

and

https://academictimes.com/flexible-sensors-could-pave-the-way-for-safer-sports-helmets/
2. V. Palaniappan, M. Panahi, D. Maddipatla, X. Zhang, S. Masihi, H. R. K. Manoj, B. B.
Narakathu, B. J. Bazuin, M. Z. Atashbar, “Flexible M-tooth hybrid micro-structure based
capacitive pressure sensors with high sensitivity and wide sensing range," IEEE Sensors
Journal, 2021.
3. S. Masihi, M. Panahi, A. J. Hanson, D. Maddipatla, S. Fenech, L. Bonek, N. Sapoznik, P. D.
Fleming, B. J. Bazuin, and M. Z. Atashbar, “Development of a flexible wireless ECG

196

monitoring device with dry fabric electrodes for wearable applications,” IEEE Sensor Journal,
2021.
4. D. Maddipatla, X. Zhang, A. K. Bose, S. Masihi, B. B. Narakathu, B. J. Bazuin, J. D. Williams,
M. F. Mitchell, and M. Z. Atashbar, “A polyimide based force sensor fabricated using additive
screen-printing process for flexible electronics,” IEEE Access, vol. 8, pp. 207813-207821,
2020.
5. S. Masihi, M. Panahi, D. Maddipatla, A. K. Bose, X. Zhang, A. J. Hanson, B. B. Narakathu,
B. J. Bazuin, and M. Z. Atashbar, “Development of a flexible tunable and compact microstrip
antenna via laser assisted patterning of copper film,” IEEE Sensors Journal, vol. 20 (14), pp.
7579-7587, 2020.
6. V. Palaniappan, S. Masihi, M. Panahi, D. Maddipatla, A. K. Bose, X. Zhang, B. B. Narakathu,
B. J. Bazuin, M. Z. Atashbar, “Laser-assisted fabrication of a highly sensitive and flexible
micro pyramid-structured pressure sensor for E-Skin applications,” IEEE Sensors Journal, vol.
20 (14), pp. 7605-7613, 2020.
7. A. K. Bose, X. Zhang, D. Maddipatla, S. Masihi, M. Panahi, B. B. Narakathu, B. J. Bazuin, J.
D. Williams, M. F. Mitchell, M. Z. Atashbar, “Screen-printed strain gauge for micro-strain
detection applications,” IEEE Sensors Journal, vol. 20 (21), pp. 12652-12660, 2020.
8. S. Masihi, P. Rezaei, M. Panahi, “Compact chip-resistor loaded active integrated patch
antenna for ISM band applications,” Wireless Personal Communications, vol.97 (4), pp. 57335746, 2017.

197

B3. Conference Papers
1. M. Panahi, S. Masihi, A. Hanson, J. R. Rodriguez-Labra, A. Masihi, D. Maddipatla, B. B
Narakathu, D. Lawson, M. Z. Atashbar, “A smart wearable oximeter insole for monitoring
SPO2 levels of diabetics’ foot ulcer,” IEEE International Conference on Flexible and Printable
Sensors and Systems (FLEPS), 2022. DOI: 10.1109/FLEPS53764.2022.9781511.
2. S. Hajian, S. Ahmadi, D. Maddipatla, P. Eskandari, S. Masihi, M. Panahi, B. B. Narakathu, B.
J. Bazuin, M. Z. Atashbar, “Facile fabrication of graphene oxide-based flexible temperature
sensor and improving its humidity stability,” IEEE International Conference on Flexible and
Printable Sensors and Systems (FLEPS), 2022. DOI: 10.1109/FLEPS53764.2022.9781481.
3. X. Zhang, Q. Yang, D. He, M. Panahi, S. Masihi, D. Maddipatla, M. Z. Atashbar. "A novel
high voltage SBS/PVDF based flexible triboelectric nanogenerator" In 2022 IEEE
International Conference on Flexible and Printable Sensors and Systems (FLEPS) (submitted).
4. S. Masihi, M. Panahi, D. Maddipatla, S. Hajian, A. K. Bose, V. Palaniappan, B. B. Narakathu,
B. J. Bazuin, M. Z. Atashbar, “Cohesion failure analysis in a bi-layered copper/Kapton
structure for flexible hybrid electronic sensing applications,” Electro/information technology
(EIT) Conference 2021.
5. M. Panahi, S. Masihi, A. J. Hanson, D. Maddipatla, X. Zhang, V. Palaniappan, B. B.
Narakathu, B. J. Bazuin, and M. Z. Atashbar, “Highly sensitive cone-structured porous
pressure sensors for respiration monitoring applications,” In 2021 IEEE Sensors Conference,
pp. 1-4, 2021.

198

6. Y. Beyene, R. Bahre, F. Mohammed, S. Masihi, A. Hanson, M. Panahi, D. Maddipatla, M. Z.
Atashbar, “Development of a flexible wireless MWCNTs-based ECG monitoring device,”
In 2021 IEEE Sensors Conference, pp. 1-4, 2021.
7. V Palaniappan, S Masihi, M Panahi, D Maddipatla, X Zhang, BB Narakathu, BJ Bazuin, MZ
Atashbar, “A porous microstructured dielectric layer based pressure sensor for wearable
applications,” 2021 IEEE International Conference on Flexible and Printable Sensors and
Systems (FLEPS), pp. 1-4, 2021.
8. A. J. Hanson, D. Maddipatla, A. K. Bose, C. J. Kosik, S. Hajian, M. Panahi, S. Masihi, B. B.
Narakathu, B. J. Bazuin, M. Z. Atashbar, “Flexible and portable electrochemical system for
the detection of analytes,” 2021 IEEE International Conference on Flexible and Printable
Sensors and Systems (FLEPS), pp. 1-4, 2021.
9. S. Hajian, S. M. Tabatabaei, B. B. Narakathu, D. Maddipatla, S. Masihi, M. Panahi, P. D.
Fleming, B. J. Bazuin, M. Z. Atashbar, “Chlorine-terminated titanium carbide MXene as
nitrogen oxide gas sensor: a first-principles study,” 2021 IEEE International Conference on
Flexible and Printable Sensors and Systems (FLEPS), pp. 1-4.
10. A. J. Hanson, D. Maddipatla, A. K. Bose, C. J. Kosik, S. Hajian, M. Panahi, S. Masihi, B. B.
Narakathu, B. J. Bazuin, M. Z. Atashbar, “Designing and development of a handheld portable
electrochemical analyzer for flexible hybrid electronics,” 2021 IEEE International Conference
on Electro Information Technology (EIT), pp. 1-4, 2021.
11. L. Bonek, S. Fenech, N. Sapoznik, A. J. Hanson, S. Masihi, D. Maddipatla, M. Panahi, and
M. Z. Atashbar, “Development of a flexible and wireless ECG monitoring device,” In 2020
199

IEEE Sensors, pp. 1-4. IEEE, 2020. (selected as the first-place winner for the best student
paper award).
12. A. K. Bose, D. Maddipatla, X. Zhang, M. Panahi, S. Masihi, B. B. Narakathu, B. J. Bazuin,
and M. Z. Atashbar, “Screen printed silver/carbon composite strain gauge on a TPU platform
for wearable applications,” In 2020 IEEE International Conference on Flexible and Printable
Sensors and Systems (FLEPS), pp. 1-5. IEEE, 2020.
13. X. Zhang, A. K. Bose, D. Maddipatla, S. Masihi, V. Palaniappan, M. Panahi, B. B. Narakathu,
and M. Z. Atashbar, “Development of a novel and flexible MWCNT/PDMS based resistive
force sensor,” In 2020 IEEE International Conference on Flexible and Printable Sensors and
Systems (FLEPS), pp. 1-4. IEEE, 2020.
14. S. Hajian, P. Khakbaz, B. B. Narakathu, S. Masihi, M. Panahi, D. Maddipatla, V. Palaniappan,
R. G. Blair, B. J. Bazuin, and M. Z. Atashbar, “Humidity sensing proper ties of halogenated
graphene: a comparison of fluorinated graphene and chlorinated graphene,” In 2020 IEEE
International Conference on Flexible and Printable Sensors and Systems (FLEPS), pp. 1-4.
IEEE, 2020.
15. V. Palaniappan, D. Maddipatla, M. Panahi, S. Masihi, A. K. Bose, X. Zhang, S. Hajian, B. B.
Narakathu, B. J. Bazuin, and M. Z. Atashbar, “Highly sensitive and flexible M-tooth based
hybrid micro-structured capacitive pressure sensor,” In 2020 IEEE International Conference
on Flexible and Printable Sensors and Systems (FLEPS), pp. 1-4. IEEE, 2020.
16. M. Panahi, S. Masihi, D. Maddipatla, A. K. Bose, S. Hajian, A. J. Hanson, V. Palaniappan, B.
B. Narakathu, B. J. Bazuin, and M. Z. Atashbar, “Investigation of temperature effect on the
200

porosity of a fabric based porous capacitive pressure sensor,” In 2020 IEEE International
Conference on Flexible and Printable Sensors and Systems (FLEPS), pp. 1-4. IEEE, 2020.
17. S. Hajian, B. B. Narakathu, D. Maddipatla, S. Masihi, M. Panahi, R. G. Blair, B. J. Bazuin,
and M. Z. Atashbar, “Flexible temperature sensor based on fluorinated graphene,” In 2020
IEEE International Conference on Electro Information Technology (EIT), pp. 597-600. IEEE,
2020.
18. S. Masihi, M. Panahi, S. Hajian, D. Maddipatla, S. Ali, X. Zhang, A. K. Bose, B. B. Narakathu,
B. J. Bazuin, and M. Z. Atashbar, “A Highly sensitive capacitive based dual-axis accelerometer
for wearable applications,” In 2020 IEEE International Conference on Electro Information
Technology (EIT), pp. 557-561. IEEE, 2020.
19. S. Masihi, M. Panahi, A. K. Bose, D. Maddipatla, A. J. Hanson, B. B. Narakathu, B. J. Bazuin,
M. Z. Atashbar, “Rapid prototyping of a tunable and compact microstrip antenna by laser
machining flexible copper tape,” IEEE International Conference on Flexible and Printable
Sensors and Systems (FLEPS), pp.1-3, 2019.
20. S. Masihi, M. Panahi, D. Maddipatla, A. K. Bose, X. Zhang, A. J. Hanson, V. Palaniappan,
B. B. Narakathu, B. J. Bazuin, M. Z. Atashbar, “A novel printed fabric based porous capacitive
pressure sensor for flexible electronic applications,” IEEE SENSORS, pp.1-4, 2019. (Selected
as finalist for the IEEE SENSORS 2019 best student paper award)
21. V. Palaniappan, S. Masihi, M. Panahi, D. Maddipatla, A. K. Bose, X. Zhang, B. B. Narakathu,
B. J. Bazuin, M. Z. Atashbar, “Laser-assisted fabrication of flexible micro-structured pressure

201

sensor for low pressure applications,” IEEE International Conference on Flexible and Printable
Sensors and Systems (FLEPS), pp. 1-3, 2019.
22. V. Palaniappan, S. Masihi, X. Zhang, S. Emamian, A. K. Bose, D. Maddipatla, S. Hajian,
M. Panahi, B. B. Narakathu, B. J. Bazuin, M. Z. Atashbar, “A flexible triboelectric
nanogenerator fabricated using laser-assisted patterning process,” IEEE SENSORS, pp.1-4,
2019.
23. A. K. Bose, X. Zhang, D. Maddipatla, S. Masihi, M. Panahi, B. B. Narakathu, B. J. Bazuin,
M. Z. Atashbar, “Highly sensitive screen-printed strain gauge for micro-strain detection,” 2019
IEEE International Conference on Flexible and Printable Sensors and Systems (FLEPS), pp.13, 2019.
24. D. Maddipatla, X. Zhang, A. K. Bose, S. Masihi, M. Panahi, V. Palaniappan, B. B. Narakathu,
B. J. Bazuin, M. Z. Atashbar, “Development of a flexible force sensor using additive print
manufacturing process,” 2019 IEEE International Conference on Flexible and Printable
Sensors and Systems (FLEPS), pp. 1-3, 2019.
25. S. Masihi, P. Rezaei, M. Panahi, “Design of wideband microstrip antenna with spiral slot on
ground plane,” IEEE International Symposium on Antennas and Propagation & National Radio
Science Meeting, pp. 1934-1935, 2015.

B4. Honors and Awards
1. All-University Graduate Research and Creative Scholar Award 2022, WMU
2. Department-Level Graduate Research and Creative Scholar Award 2020, WMU
202

3. Graduate College Dissertation Completion Fellowship 2021, WMU
4. Graduate College Doctoral Scholar Assistantship (2018 - 2020), WMU
5. Graduate Student Research Grant (GSRG) 2019, WMU
6. Student Virtual Conference Grant 2020, WMU
7. Graduate Student Research Grant (GSRG) 2021, WMU
8. The Honor Society of Phi Kappa Phi Awarded Membership, 2019, WMU

203

